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Dedication

A man’s heart deviseth his way: but the Lord directeth his steps. [Proverbs 16:9, KJV]

But seek ye first the kingdom of God, and his righteousness; and all these things shall be
added unto you. [Matthew 6:33, KJV]

For Christ sent me not to baptize, but to preach the gospel: not with wisdom of words, lest
the cross of Christ should be made of none effect. [1 Corinthians 1:17, KJV]
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Abstract

This thesis presents analytical studies and bench experiments which highlight how electro-
cardiographic recording equipment which adheres to current international standards can still
introduce distortion and affect the recorded signal. Most performance specifications are ap-
plicable to standard adhesive electrodes and therefore will not be met in recordings scenarios
using un-gelled electrodes. This work was carried out in the light of the current international
performance standards IEC 60601 pertaining to electrocardiographic equipment and has led
to the identification of shortcomings in this standard. The design criteria for the amplifier
input impedance needed for recording diagnostic quality of ECG signals with dry un-gelled
electrodes are established and suggestions are made for revision of the standards. However,
this would require a knowledge of the electrophysiological properties of the electrodes.

The electrical properties of equivalent models for several conductive, textile based electrodes in
addition to one conductive rubber electrode and a standard self-adhesive electrode is presented
in this work. In ECG recording the skin-electrode-amplifier interface can be modelled as an
equivalent electrical circuit having one or two parallel C-R networks and series resistance. The
electrical components of these models have been established using a time domain methodology.
For the single C-R electrode model values of resistance ranged from 10 kΩ to 28 MΩ while
values of capacitance ranged from 0.03 nF to 15 µF. The associated time-constant ranged
from 0.1 ms to 5 s. In the case of the double C-R model values of resistance ranged from 1
kΩ to 25 MΩ while values of capacitance ranged from 9 pF to 872 µF. The associated time-
constants ranged from 0.05 ms to 10 s. Measurements of noise generated were made using
very low noise operational amplifiers and with mains power supply interference eliminated
from the recorded signals so that they reflected only genuine noise. Curves of the form y =
K/f + C were fitted to the recorded noise spectral density functions. Coefficients obtained
for the white noise spectral density ranged from 1.1 to 5.6 nV/Hz and for the flicker (1/f)
noise spectral density ranged from 8 to 80 nV

√
Hz .

The work presents a low-power, low-noise ECG amplifier that attains a minimum common-
mode input impedance of 10 GΩ within a frequency range of 0.1-150Hz. This boosted
input impedance is maintained by reducing input amplifier capacitance through power supply
bootstrapping. The amplifier attains a differential gain of 41dB, CMRR was 90dB at 50Hz
frequency with the inclusion of right leg drive and the semiconductor noise was measured at
32µV at a frequency of 250Hz.

In-vivo measurements were undertaken on two subjects at rest, arm waving and doing the
Harvard step test. There was semiconductor noise superimposed on the ECG waveforms but
no noticeable distortion was seen.
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1 Introduction

Since its original recording by Einthoven [35] in 1904, the human electrocardiogram or ECG

has become one of the most valuable diagnostic tools used in modern medicine. The familiar

chest and limb electrodes used in hospital clinics allow signals to be recorded from the surface

of a patient’s body, which when amplified and conditioned appropriately, provide indispens-

able information on the condition and operation of the heart and cardiovascular system. The

time profile of the recorded ECG facilitates the diagnosis and treatment of many heart dis-

eases and adverse clinical conditions. The various electrodes record signals associated with

different activities during the cardiac cycle observed from different aspects and therefore give

comprehensive insight into the state of health and functioning of the heart and cardiovascular

system.

1.1 Need for Ambulatory ECG Monitoring

The introduction of the portable Holter monitor [36–38] in the 1960s allowed recording of the

ECG in ambulatory scenarios on hospital outpatients [38–41]. Extended recording of the ECG

became possible over 24 – 48 hour periods and proved a valuable tool in the treatment of

outpatients such as those undergoing post-surgery cardiac rehabilitation. Today, ECG moni-

toring has extended into areas outside of the conventional hospital environment such as the

general practitioner’s surgery [42–44], physiotherapy clinics [45, 46], sports physiology centres

[47, 48] and even to the factory floor and the homes of new-born babies at risk of Sudden

Infant Death Syndrome (cot death) [49–52]. Miniaturisation and large-scale integration of

components and low-power electronic circuitry has provided the portable battery-operated

instrumentation needed in these scenarios [53–56]. This has also been facilitated by the de-
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velopment and increased use in recent years of ‘dry’ recording electrodes which do not require

the use of a coupling gel as an electrical interface between the electrode and the patient’s

skin [52, 57–61].

1.2 Problems associated with conventional ambula-

tory ECG recording

Modern electrodes used in both hospital wards and clinics and in ambulatory recording are

made of flexible foam with adhesive edges and a sponge centre soaked in a conductive elec-

trolyte and are stuck to the patient’s chest. In recent years, improvements have been made

in the quality and performance of disposable or adhesive electrodes. Nevertheless, several

problems remain unsolved with conventional methods of ECG recording. These electrodes

generally need a degree of skin preparation before use [62, 63]. When used for a period of

a few days these electrodes tend to dry out and give a poor quality of signal or to fall off

the patient’s chest altogether. When used over extended periods, they very often cause skin

irritation or allergic reactions, particularly in the elderly [64].

1.3 Opportunities offered by un-gelled electrodes

Dry electrodes are made up of conductive rubber composite materials and are mounted on a

belt or vest worn by the patient. Such electrodes do-not need the preparation of the skin before

application, apart from disinfecting and they can be re-used almost indefinitely. Furthermore,

the use of dry electrodes also eliminates allergic reaction or skin irritation commonly associated

with electrolytic gels [65–68]. The removabality and replicability of dry electrodes over gelled

electrodes considerably increases the length of the time for which they can be worn, allowing

patients to bath or shower. This results in the improvement of patient comfort and compliance,

allowing the recording technique to cater for a wider range of users such as elderly, the long-

term ill, cardiac rehabilitation patients and paediatrics [67, 69].
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1.4 Signal quality

Currently, gel-less electrodes are primarily employed in heart-rate monitors used largely in the

field of sports and athletics. These devices only measure and display the value of the wearer’s

heart-rate on a beat-to-beat basis. This information is largely used in an athletic training

capacity rather than any clinical role. While these devices detect the ECG signal they do not

preserve the morphology or time profile of the signal which carries the clinical information.

An ambulatory ECG recording system using gel-free electrodes but which can provide clinical

diagnostic signal quality would therefore be of huge benefit. If the recorded ECG signal is to

be used for diagnostic purposes, it is of the utmost importance that the profile and the quality

of signal is as faithfully preserved as possible from the surface of the skin and in its passage

through the conditioning amplifier [6, 70].

1.5 Project Aim

The project reported in this thesis aims to develop a system of recording of the ambula-

tory human electrocardiogram (ECG) using dry, non-gelled electrodes mounted in a body-fit

elasticated vest with the associated precision, high-performance, low-power, battery-operated

portable instrumentation amplifier and signal conditioning circuitry. While the project in-

volves a substantial amount of design and technology development, a considerable amount

of analytical work has also been undertaken to obtain the knowledge and understanding of

the mechanisms involved in the signal detection, processing and preservation. International

standards have been used to design an optimised interfacing amplifier that ensures accurate

ECG signal reproduction. In particular, standards and recommendations published by the

International Electrotechnical Commission (IEC), the American National Standards Institute

(ANSI) and the American Heart Association (AHA) have been used to establish and evalu-

ate the requirements of the amplifier stages. The amount of published work in the field of

instrumentation applied to dry-electrode ECG recording is quite limited due to the difficulty

of acquiring an ECG signal of diagnostic quality without a conductive gel and the much more
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stringent demands placed on the recording amplifier. The amplifier has been designed to

have very high input impedance needed with dry electrodes and very low power consumption,

operating ideally from a 3V supply. It provides the full ECG signal bandwidth with a frequency

response characteristic that preserves the signal without distortion. It has high common-mode

rejection ratio to suppress mains hum and other extraneous sources of interference. It is in-

tended to cater for ECG signals having amplitudes in the range 0.1mV-10mV. The dissertation

addresses novel circuit design solutions to incorporate active means of CMRR improvement,

input impedance boosting techniques and of reducing the long initialisation and overload re-

covery times currently associated with such amplifiers. The ultimate goal of the project was to

implement the measurement circuitry in low-power technology using surface mounted compo-

nents. This involves pushing the performance of current commercially available components

and devices to the limit.

1.6 Thesis Outline

The dissertation addresses the following four primary aspects associated with ambulatory

monitoring of the human electrocardiogram using dry electrodes:

1. electrical characterization, including noise properties, of conductive fabric-based ECG

recording electrodes and amplifier front-end input impedance requirements.

2. avoiding signal distortion due to the skin-electrode-amplifier interface.

3. interference suppression and boosting common mode amplifier input impedance.

4. minimization of amplifier initialisation time.

A brief outline of each chapter is given below:

Chapter 2: Background and Literature Review

This chapter outlines the ECG profile, recording and its diagnostic usage in modern medicine.

The chapter discusses the performance requirements of the recording amplifier in the light of

the ANSI, AHA and IEC-60601 standards pertaining to electrocardiography. It assesses the
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work of previous research carried out in the area.

Chapter 3: Electrical Characterisation of Fabric-Based Dry Electrodes

A brief introduction on electrical modelling of the skin-electrode-amplifier interface is outlined

in this chapter. It presents the values of the electrical elements of equivalent models for

several conductive textile-based electrodes. This allowed the effective source impedance of

the electrodes to be established when used as surface electrodes in un-gelled or dry electrode

recording of the ECG signal on ambulatory patients. The chapter also outlines the noise

generation characteristics of these textile-based electrodes. Noise measurements are necessary

to determine the best performing textile-based electrode that can be used in a vest to record

diagnostic quality ECG’s.

Chapter 4: Transient Performance and Skin-Electrode Interface

This chapter outlines a substantial amount of analytical and experimental work which involved

modelling of the skin-electrode-amplifier interface and its electrical behaviour. This was done

in the light of the current international performance standards, IEC 60601, pertaining to

electrocardiographic equipment. The work has allowed design criteria for the amplifier input

impedance needed for recording diagnostic quality of ECG signals with dry un-gelled electrodes

to be established and suggestions to be made for revision of the standards.

Chapter 5: Design Overview

This chapter presents a design overview of the ECG recording amplifier and outline a pro-

posed multi-stage architecture. The chapter also provides an appraisal of the previous ECG

amplifiers that have been designed and developed in the Department of Electronics & Electri-

cal Engineering, Trinity College Dublin. A brief summary of the performance characteristics

considered in selecting suitable commercially available op-amps is outlined.

Chapter 6: Design of High Impedance Input Stage

A brief literature review of some of the existing techniques to boost the amplifier input

impedance is presented in this chapter. The chapter then outlines a novel method using low

power op-amps to extend the bandwidth over which very high amplifier input impedance can
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be maintained by reducing amplifier input capacitance via power supply bootstrapping.

Chapter 7: Boosting Amplifier Common-Mode Rejection Ratio

This chapter discusses different designs that have been used over the years to boost the CMRR

performance of ECG recording amplifiers. However, most of these designs are associated with

high power consumption or limited CMRR bandwidth. This chapter explores a novel methods

to boost the CMRR performance of the recording amplifier.

Chapter 8: Construction and Testing of Prototype ECG Amplifiers

This chapter outlines the construction and testing of a low-power low-noise, battery-operated

amplifier to be used with dry electrodes. This chapter presents comprehensive bench tests

to assess the performance parameters of two prototype recording amplifiers. The design was

first implemented on a strip-board and subsequently on professional PCB. Actual in-vivo ECG

measurements on dry and wet electrodes are also presented.

Chapter 9: Conclusion & Future Work

The work summarises the novel contributions in the field of dry electrode ECG recording. The

limitations of the work are highlighted and problems that needs to be addressed as a part of

future research are also discussed.
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2 Background & Literature Review

2.1 Physiological & Measurement Background

2.1.1 Structure and Anatomy of the Heart

Figure 2.1: Electrical conduction system of the heart [1]

The human heart shown in simplified form in Fig. 2.1 consists of four chambers: two upper

chambers (the atria) and two lower ones (the ventricles). The atria are the chambers that store

blood when the ventricles are pumping. The filling state of the heart cycle is popularly known

as the diastole and the pumping phase is referred to as the systole. The atrioventricular (AV)

valves connect the atria and the ventricles. The right ventricle is separated from the pulmonary

artery by the pulmonary semilunar valve. The aortic valve separates the left ventricle from

the aorta.
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2.1.2 Electrical Conduction in the Heart

Periodic electrical pulses in the heart, or heart-beat, control the contraction of the heart

muscles and the regular flow of electrical current through its muscles. The electrical conduction

system of the human heart can also be seen in Fig. 2.1. The sinoatrial (SA) node located in

the top of the right atrium produces electrical impulses spontaneously that stimulate the atria

to contract. Therefore, the SA node is essentially a pacemaker and determines the heart-

rate. The atrio-ventricular (AV) node then delays the impulse before it is transmitted to the

ventricles and causes the ventricles to contract and pump blood throughout the circulatory

system. The primary steps associated with the electrical cycle of the human heart can be

summarised as follows [5, 8]:

1. Atrial depolarisation occurs due to the excitation of the SA node. The electrical impulse

then propagates from the right atrium to the left atrium, stimulating the myocardium of the

atria to contract. The electrical activity subsequently travels from the SA node to the AV

node through internodal tracts.

2. AV node then conducts the impulse slowly, forcing a delay between the excitation of the

atria and the ventricles. The absence of this delay would otherwise force the atria and the

ventricles contract at the same time. The atria pumps the blood into the ventricles towards

the end of this delay period.

3. Ventricular depolarisation occurs due to the excitation of the His Bundle, Purkinje fibres

& ventricular muscles [71, 72]. The interventricular septum is first activated, forcing the

electrical impulse to flow from the left to the right ventricle. Then, the endocardial surface

and the ventricular free walls forming the muscles of the ventricles gets stimulated and finally

is the activation of the epicardial surface.

4. The final event of the cycle is the ventricular repolarisation. Ventricular repolarisation

is essentially the restoration of the resting state. Following ventricular repolarisation, the

ventricles start to relax and the pressure within the ventricles drops.
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2.1.3 Clinical Measurement

The ECG signal is associated with underlying electrical activity that can be detected on

the surface of the chest. This electrical activity is associated with the depolarisation and

repolarisation of the muscles of the heart chambers. Corresponding electrical signals can then

be detected on the skin using suitable electrodes connected to a recording amplifier as shown

in Fig. 2.2.

Figure 2.2: Measurement of the Electrocardiogram

2.1.4 A Typical ECG Profile

The standard 12 lead placement shown in Fig. 2.3 is commonly used to accurately record a

complete electrocardiogram. Six chest electrodes, V1 to V6, as well as four limb electrodes

are used for the measurement. The limb leads are made up of the three electrode placements.

These electrodes shown in Fig. 2.3 form the Einthoven triangle when placed on the left

arm (LA), right arm (RA) and the left leg (LL). There are also augmented versions of these

leads.

The Einthoven triangle has three leads [5]. Lead I goes from the RA to LA, lead II is oriented

from RA to LL and lead III is assigned to the direction LA to LL as in 2.3. The electrode that

is placed on the right leg is a ground lead but is sometimes connected to a circuit which is
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Figure 2.3: Three Leads forming an Einthoven triangle [2]

known as the right-leg-drive circuit, used to suppress common mode interference. Therefore,

we can mathematically express the three leads [73] as follows:

VI = φLA − φRA (2.1.1)

VII = φLL − φRA (2.1.2)

VIII = φLL − φLA (2.1.3)

where VI , VII , VIII are denoted as limb voltages in Lead I, Lead II and Lead III and φ indicates

the surface potential relative to ground at the node of an electrode. The potential difference

between these two pairs of limb voltages is essentially known as lead configuration in ECG

measurement.

By Kirchhoff’s voltage law (KVL), we know that the net potential drop around any closed

loop is zero. Therefore, we can write:

(φLA − φRA) + (φLL − φRA) + (φLL − φLA) = 0 (2.1.4)
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Figure 2.4: A typical ECG profile and the frequency spectrum of a lead II ECG signal [3, 4]

which gives:

VI + VIII = VII (2.1.5)

This shows that all limb measurements are inter-dependent. A typical ECG signal profile and

the frequency spectrum of a lead II ECG recording are shown in Fig. 2.4.The three successive

waves in the ECG signal namely “P”, “QRS” and “T” [71, 74] are associated with different

events in the cardiac cycle as follows:

• The P wave is associated with left and right atrial depolarisation and the contraction of the

atria. The wave duration is typically 90 ms and the amplitude is limited to 0.2 mV.

• The QRS complex is associated with left and right ventricular depolarisation. The first

deflection is the negative Q wave which goes down from the basline. This is followed by a

positive deflection which is the R wave and then is trailed by a negative deflected S wave.

The QRS complex wave typically lasts between 85 ms and 120 ms. The QRS complex also

masks the reploralisation of the ventricles.

• The T wave represents ventricular repolarisation. Its amplitude is lower than the QRS

complex, as is the spectral content.

• Following the T wave, there is also a U wave which is sometimes detected. Several hy-
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potheses have been proposed to explain the origin of the U wave [75–77] but none of them

has received universal acceptance [78, 79].

The P-R and the S-T segments are normally at the baseline potential. The conduction delay in

the atrioventricular (AV) node is primarily responsible for the P-R interval. The S-T segment

represents the interval between ventricular depolarization and repolarization.

2.1.5 The significance of the ECG

Essential physiological and clinical information can be extracted from the ECG signal. Changes

in either one of the PR or ST segments have clinical implications and are described as fol-

lows:

• Heart injuries can be observed in the ECG signal as an alteration in the ST segment profile

[6, 70, 80]. For example, a downward excursion of the ST segment represents significant

damage to the cardiac wall muscles. Similarly, an elevated ST segment can be indicative of

heart attack.

• The amplitude and the duration of the P, QRS and T waves in the ECG signal indicate the

position, size and the shape of the heart [9]. For example right atrial enlargement is diagnosed

when the P wave is recorded with an amplitude exceeding 2.5 mm in Lead II and Lead III .

Similarly, left atrial enlargement occurs when there is a prolonged P wave duration in Lead I

and Lead II.

• Irregularities of the heart rhythms are associated with significant changes in the number and

duration of ECG cycles per minute.

• The presence of drugs may alter segments and interval durations, as well as wave morphology

[81].

Normal & Abnormal Heart Rhythms

A normal resting heart rate is approximately 70 beats-per-minute (bpm). The rate is accel-

erated during exercise, fever, or emotional stimuli (tachycardia) and is slowed during sleep

(bradycardia). Abnormal cardiac rhythms occur when the sinoatrius (SA) node is suppressed,
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Figure 2.5: Atrioventricular block (a) Complete heart block (b) First-degree block [5]

the His bundle is damaged, or when the ventricles discharge at a faster rate than the SA node

response [5]. A common type of abnormal heart rhythm, or atrioventricular block, shown in

Fig. 2.5 occurs in the AV node when the electrical impulse to the ventricles is delayed or

blocked in its passage from the atria [5]. First-degree heart block shown in 2.5(b) occurs

when all atrial impulses reach the ventricles but the P-R interval is abnormally prolonged [5].

In Type I AV block, the length of the P-R interval progressively increases until a subsequent

beat is dropped. It can occur in a variety of pathological settings, especially in damaged blood

vessels in the walls of ventricles. In complete heart block shown in Fig. 2.5(a) most of the

electrical impulses originating in the AV node fail to reach the ventricles.

Arrhythmia

Figure 2.6: Normal ECG followed by an extra beat or PVC

Irregular heart-rate or arrhythmia occurs when the heart beats too quickly or too slowly or with

an irregular rhythm. Often arrhythmias are caused by ectopic focus. This is when abnormal
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sites outside the SA node begin to create false impulses. The cardiac rhythm is transiently

interrupted when the focus discharges only once, thereby causing a second beat to occur before

the next expected normal beat [5]. This extra beat is often known as extrasystole or premature

ventricular contraction (PVC), an example of which is shown in Fig. 2.6. Tachycardia, or fast

heart-rate occurs when the focus discharges repetitively at a rate exceeding that of the SA

node [5]. This can result in paroxymal tachycardia or atrial flutter as shown in Fig. 2.7.

(a) Supraventricular tachycardia (SVT)

(b) Atrial Flutter

Figure 2.7: Paroxysmal tachycardia

A much more irregular or rapid discharging ectopic focus in the atria or ventricles may cause

atrial or ventricular fibrillation. This rapid uncoordinated flutter causes the atria or the ven-

tricles to stop their regular beat, and as a result, low amplitude irregular waves appear in the

ECG signal, as illustrated in Fig. 2.8

Myocardial Infarction & Myocardial Ischemia

A depression in the ST segment of an ECG wave is considered indicative of the onset of

myocardial infarction or heart attack [5, 82]. An augmented S wave in an ECG signal can

be clinically interpreted as an early sign of myocardial ischemia, which occurs when the blood

supply to the heart muscles drops significantly [5]. This can cause partial or complete blockage

of coronary arteries.

The above summary shows that much clinical diagnosis depends heavily on an interpretation
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(a) Atrial Fibrillation

(b) Ventricular Fibrillation

Figure 2.8: Atrial and Ventricular Fibrillation

of the time profile of the ECG signal. It is therefore essential that the signal profile is faithfully

preserved during ECG recording.

ECG Signal Distortion

Berson and Pipberger have shown that an ECG amplifier implementing an inadequate response

high-pass-filter can cause distortion in the ST segment and T wave of the ECG [6].

(a) (b)

Figure 2.9: Oscilloscope photographs of patients suffering from (a) acute myocardial infarction
and (b) an old infarct [6]. The upper record labelled as (i) is the output of a simulated dc
amplifier system. The lower record shown as (ii) represents the output of high-pass filter
having 0.5 Hz cut-off frequency.
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This source of error and distortion in ECG recording may cause clinical misdiagnosis. For

example, inadequate filter response as shown in Fig 2.9(a) can significantly distort the ST

segment by reducing the elevation and producing inversion of the terminal part of T wave. In

addition, it was also demonstrated as shown in 2.9(b) that a downward sloping ST segment

in a ECG waveform has been altered into an elevated ST segment.

Taylor and Vincent demonstrated that phase non-linearity can exacerbate recording error and

misdiagnosis [70]. Erroneous ST segment shifts as shown in Fig.2.10 are mainly due to

a nonlinear phase response at low frequency. The phase non-linearity and the resulting ST

segment distortion introduced at the amplifier input stage can not be corrected in a subsequent

stage without detriment to other portions of the ECG waveform [70]. Early AHA specifications

recommended that the phase shift introduced by the amplifier should not exceed that of a

single-pole high-pass filter having a cut-off frequency of 0.05 Hz [7]. This is discussed in more

detail in Section 2.2.

(a) ECG (b) ECG distortion due to non-linear phase re-
sponse

Figure 2.10: Effect of non-linear phase distortion on a ECG waveform [7]

2.2 ECG Measurement Setup

A typical ECG recording system with identical electrodes on each side of a differential amplifier

is shown in Fig. 2.11. The effective skin-electrode impedance is modelled as ZE . Current lim-

iting resistors RS are introduced in series with ZE to prevent transient current spikes reaching

the patient. The equivalent common-mode input resistance on each sides of the differential

amplifier with respect to ground is denoted as RC . Similarly, the equivalent differential input

resistance between the two inputs of the amplifier is indicated as RD . The elements RC and
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RD are considered to be purely resistive. A dc blocking capacitor CC on both inputs of the

differential amplifier is introduced in series with the electrodes. This is done to remove the

dc offset polarisation voltage, which is much higher in dry electrodes than is the case with

conventional wet electrodes. An ideal bio-potential amplifier should amplify the differential

input voltage signal sensed by the two similar electrodes. However, in practice, the electrodes

sense interfering signals at the front end of the amplifier and also introduce noise into the

ECG signal.

Figure 2.11: ECG Measurement Setup with a pair of identical electrodes

2.3 Recording Amplifier Requirements

Performance specifications for electrocardiographs have been developed over the past decades

and today are issued by the American National Standard Institute (ANSI), The Association

for the Advancement of Medical Instrumentation (AAMI) in the USA and by the International

Electrotechnical Commission (IEC) in Europe and internationally [3, 22, 83]. Despite the fact

that standards in place in the USA are closely based on IEC documents, American standards

generally consider the recommendations of the American Heart Association (AHA) for their

final texts [84, 85]. Minor differences appear between criteria endorsed by ANSI and those of
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the IEC.

There are many problems that are frequently encountered by healthcare professionals and

instrumentation engineers when recording electrocardiograms. These factors have to be taken

into consideration in the design and development of bio-potential amplifiers. Some of these

factors are:

• preservation of the frequency spectrum bandwidth

• conservation of the waveform profile in the time domain

• elimination of dc-offset voltages

• minimisation of motion artefacts

• preservation of signal-to-noise ratio

• discrimination between the wanted ECG signal and unwanted interfering signals

• fast initialisation time and overload recovery

• maintenance of patient safety

•meeting international performance standards pertaining to electrocardiograph equipment.

These general issues associated with the recording of ECG signals are considered in more

detail below from the point of view of the design of the recording amplifier.

2.3.1 Frequency Domain Requirements

The frequency performance specification has been developed by the American Heart Associa-

tion (AHA) and the Institute of Electrical and Electronic Engineers (IEEE) in the USA. Early

performance specifications for ECG recording amplifiers recommended that the variation in

magnitude of the frequency response should be kept within ±0.5dB (6 %) of the mid-band

gain down to a frequency of 0.67 Hz. This frequency corresponds to a minimum beat-to-beat

heart rate of 40 bpm. The gain can overshoot this limit at frequencies below 0.67 Hz but it is

wiser not to allow this as it may lead to amplification of low frequency artefact components

and baseline drift. They also recommend that the phase shift introduced by the amplifier
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should not exceed that of a single-pole high-pass filter having a cut-off frequency of 0.05 Hz.

This is shown in Fig. 2.12.

Figure 2.12: Magnitude and Phase Requirements

2.3.2 Time Domain Requirements

Following continuous difficulty in identifying the precise nature of the distortion caused in

the recorded ECG signal when the phase specification was violated, attention turned towards

the transient response of the amplifier in the time domain. The IEC 60601 has introduced a

rectangular pulse, time-domain, method of testing the performance of ECG recorders intended

for clinical diagnostic measurements. This is shown in Fig. 2.13.

Figure 2.13: Time Domain Requirements

In this method, the response to a 3mV amplitude, 100ms duration, narrow rectangular pulse
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must show no more than 100 µV undershoot from the baseline at the end of the pulse, when

normalised for gain. The maximum recovery slope following the undershoot, must also be

less than 300 µVs-1. Signal distortion in the form of false S-wave creation or exaggeration and

depression of the S-T segment has been observed when the recommended IEC 60601 time

domain specifications are violated [86][87]. This distortion can lead to clinical misdiagnosis

of events such as myocardial ischemia or the onset of myocardial infarction [88].

2.3.3 DC Saturation

A high offset voltage produced at the electrodes of the ECG measurement system can cause

saturation of the amplifier that can clip the profile of the ECG signal. This can cut-off the

peaks of the QRS complex at the output of the amplifier which exceed the supply voltage

[4, 8]. The S wave can also be cut-off if the amplifier undergoes negative saturation [4, 8].

Therefore, a dc blocking capacitor must be introduced at the front end of the ECG amplifier to

eliminate any offset voltages. This has implications for the amplifier frequency response.

2.3.4 Minimisation of Motion Artefacts

Motion artefacts are introduced into the amplifier input signal due to the movement of subjects

during exercise [89, 90]. Triboelectric effects result from electrode and skin friction [91, 92].

An artefact is also generated due to changes in the skin-electrode interface impedance and

the polarisation potential [92, 93]. Tan and Webster [91] have shown that motion artefacts

can be greatly reduced by skin abrasion with sandpaper. However, occasional bleeding and

skin irritation were observed after abrasion. Slow changes in the skin-electrode polarisation

potential do not cause noticeable variation of the ECG base line provided they are suppressed

by the use of ac coupling. However, high-rate changes in offset potential produce artefacts

within the ECG bandwidth that cannot be removed by filtering. Motion artefact is therefore

best minimised when electrode movement is prevented by the use of an elasticated belt or

vest that holds the electrodes in place on the skin [9, 94]. Skin potential variation (SPV)

insensitive dry electrodes have been developed in recent years to compensate motion artefacts

[95]. The skin potential is not coupled into the electrode and this in turn prevents its influence
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on the bio-potential recording in the dynamic state. However, these electrodes are specialised

and very expensive.

2.3.5 Electrical Interference

One of the major problems in any biopotential recording system is interference from the main

power supply, which is commonly referred as hum [96]. This electrical interference from the

power supply can be introduced into the ECG signal by two means, namely electromagnetic

induction and electrostatic induction. The magnetic field associated with the mains current

flowing through any nearby electrical equipment cuts the loop enclosed by the subject, the

electrode leads and the amplifier. This in turn induces an electromotive force and a resulting

current flow in the leads proportional to the area of the loop, as shown in Fig. 2.14. The emf,

which is induced, can be reduced by twisting the leads or using coaxial cables to eliminate

the loop. In the author’s work, it is intended that the electrodes and the preamplifier would

be mounted in a body tight vest and hence there will be little or no loop area present and

therefore electromagnetically induced interference will be negligible.

(a) (b)

Figure 2.14: Diagram showing (a) the principle of electromagnetic induction and (b) its
minimisation in ECG measurement [8]

In electrostatic induction, the electric field associated with the mains power supply is capac-

itively coupled to the subject who is also coupled to the ground via their body capacitance

[97, 98] as shown in Fig. 2.15. An interfering signal is generated at the input of the am-

plifier due to a displacement current which flows from the mains supply through the subject
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to ground. The interference is normally common-mode when the electrodes are mounted

close together on the subject. In the past a displacement current of the order of 0.5µA has

generated an interfering signal level in the region of 40mV [20, 99]. This common-mode inter-

ference is a significant problem in recording the ECG signal and the common-mode rejection

capability of the amplifier is relied upon to supress it [20, 99, 100].

Figure 2.15: The electric field from the power line supply is coupled to the subject’s body.
Ze1,Ze2 and Ze3 represent the electrode impedances [8, 9]

2.3.6 The Skin-Electrode-Amplifier Interface

Recent studies [86, 88, 101] have suggested that it is important to accurately model the

skin-electrode-amplifier interface in order to prevent unnecessary attenuation and distortion

of the ECG signal. The electrical properties of the skin-electrode-amplifier interface determine

the amplifier input impedance necessary to prevent distortion of the ECG signal. The skin-

electrode interface can be modelled by a single time-constant or a much more accurate double

time-constant network.

Single Time Constant Model

A simple single time-constant network is shown in Fig. 2.16 as a skin-electrode impedance

model was first proposed by Swanson and Webster [10]. This model is a combination of a
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resistor in series with a parallelled resistor and capacitor. It is applicable mainly for wet elec-

trodes because Ehc describes the voltage between the skin and the electrolytes. The electrical

charge double layer between the skin and the electrode is represented by the capacitance

Cp. The resistance Rp represents the conductive charge transfer between the skin and the

electrode. The underlying skin tissue is represented by Rs . The IEC 60601 standard is pri-

marily intended to apply to wet electrodes for ECG measurement equipment. This standard

uses a 51kΩ resistor in parallel with a 47nF capacitor to model the skin-electrode interface

impedance in some performance measurements.

Figure 2.16: Single Time Constant Skin-Electrode Impedance Equivalent Model [10]

Double Time Constant Model

Figure 2.17: Double Time Constant Skin-Electrode Impedance Equivalent Model [11].

The double time-constant electrode model shown in Fig. 2.17 was first proposed by Neuman
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[11, 102]. This double time-constant model combines two single-time constant networks.

The first one represents the electrode-electrolyte boundary and the second one represents the

boundary of electrolyte and the epidermal layer of the skin. The half-cell potential of the

electrode is labelled Eee , R4e and C4e constitute the impedance associated with the inter-

face between electrode and electrolyte. The series resistance R3e is the effective resistance

due to electrolyte between the electrode and the skin (largely perspiration in the case of dry

electrodes). Ess represents the ionic potential difference across the membrane of the stratum

corneum, and R2s and C2s make up the impedance of the epidermal layer. The dermis, subcu-

taneous layer and deeper tissues are largely conductive and modelled by a lumped resistance

R1s . Considering the models it can be concluded that the double time-constant electrical

model is applicable for both wet and dry electrodes [103, 104]. Baba and Burke [104, 105]

studied both of these models and showed that the double time constant model exhibits more

accurate results in terms of ECG measurements and frequency response effects.

2.3.7 Large Electric Transients

Large electric transient voltages can cause the amplifier to saturate and it requires a finite

amount of time to bring the ECG amplifier back into its active region of operation, which

depends on the overload recovery time of the system [8]. This recovery time period is governed

by large time constants in the circuit structure of the amplifier. The effect of a large transient

and the subsequent slow recovery of an amplifier is shown in Fig. 2.18.

Figure 2.18: The effect of a large voltage transient on a recorded ECG signal [5]

Large time constants would also increase the power-up initialisation time of the amplifier.

Electric transients can be produced by extensive motion artefacts generating potentials greater
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than that of the ECG signal. Artefacts caused by static electric charge on a patient can be

greatly reduced through the use of conductive clothing, shoes and flooring [5, 8].

2.3.8 Patient Safety

The bio-potential amplifier must also provide protection to patients from electrical shocks.

Defective input stages of the pre-amplifier can expose patients to unwanted levels of current.

Therefore, current limiting components are normally connected between the recording elec-

trodes and the amplifier to limit the current flowing into the patients body. To maintain the

safety of an electrocardiograph during its operational life, a number of stipulations are made

with regard to this current. The permitted levels of current through a patient’s body are

shown in Table 2.1 . The IEC 60601-1 specifies that the maximum leakage current that can

flow through patient-connected leads under normal conditions is 10 µA rms from dc to 1 kHz

[22, 83, 106]. Under single-fault conditions, the maximum current allowed is 50µA rms over

the same frequency range. However, the more relaxed limit under single-fault conditions is not

supported by the AHA which recommends that the “ECG apparatus shall be designed so that

no more than 10µA rms, from direct current to the tenth harmonic of power line frequency,

shall flow through any patient-connected lead under either normal or single-fault conditions”

[107]. The presence of dc blocking capacitors in series with the sensing electrodes prevents

continuous dc current from flowing through the patient’s body. In addition, current-limiting

resistor, can be included so that no more than 10µA rms, or 28µA pp, occurs in a worst-case

fault scenario.

Table 2.1: Safe limits of current through a patient’s body

Current Flow Condition

Ambulatory & Non Ambulatory ECG

AHA ANSI & IEC

Max. current under normal condition 10µA rms 10µA rms

Max. current through a single-fault condition 10µA rms 50µA rms
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2.3.9 ECG Input Signal Dynamic Range

The ECG pre-amplifier can overload when the differential or the common-mode input signal

increases beyond a certain level. Conversely, with a decrease in the input signal level, the

output voltage can be predominantly contaminated with noise [4]. Therefore, a prior knowl-

edge of the range of the ECG input dynamic signal is crucial for the appropriate design of

the amplification stages of an electrocardiograph. The differential input signal range, its dc

offset voltage level and the maximum slew rate specifications as outlined in the performance

standards are summarised in Table 2.2.

Table 2.2: Input Dynamic Voltage Range and Offset Voltage Requirements

Ambulatory ECG Non-ambulatory ECG

ANSI & IEC ANSI & IEC

Input Range ±3 mV ±5 mV
Min. Feature size 50 µV p-p @ 10 Hz NA
Slew Rate 125 mV/s 315 mV/s
Dc Offset Voltage ±300 mV ±300 mV

For non-ambulatory clinical monitoring of the human electrocardiogram, the ECG pre-amplifier

in the presence of dc offset voltage of ±300mV must be capable of recording differential input

signal levels of ±5mV, varying at a maximum rate of 320mV/s. The ECG pre-amplifier for

ambulatory monitoring of the electrocardiogram, must be capable of recording differential

input signal levels of ±3mV, varying at a maximum rate of 125mV/s. A minimum feature

size of 50µV p-p at 10 Hz is required in ambulatory electrocardiography to ensure that low

amplitude P waves are faithfully preserved. However, the recent revision of standards for

non-ambulatory ECG monitoring do not include this requirement [3, 22].

The voltage gain in the required frequency bandwidth is between 40dB and 46dB if the pre-

amplifier is to provide a 1V p-p output signal to subsequent amplifier stages. The slew rate

performance of operational amplifiers must also be ensured to cater for the maximum input

rate of variation.
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2.4 Dry electrode ECG amplifier design

Most of the research on dry electrodes has centered on the design and development of the

electrode itself. Only a few research groups in recent years have contributed to the devel-

opment of amplifier recording systems using dry electrodes. These groups have worked on

problems associated with dry ECG recording, such as the amplifier CMRR [108–110], input-

referred noise [8, 20, 99],input impedance [8, 15, 20], parasitic capacitance [111], dc offset

voltage [112] and others [113, 114]. The bio-amplifier requirements in obtaining a diagnostic

signal quality using dry electrodes are much more stringent than in the case of conventional

conductive gelled electrodes.

2.4.1 System Interference

One of the major hindrances in recording a diagnostic quality ECG signal is the presence of

interference contaminating the wanted ECG signal. This is generated within the recording

system and prevents the observation of detail in small signals. Therefore, it is of the utmost

importance that biopotential amplifiers be insensitive to interference and reject the unwanted

external voltages which appear simultaneously at both inputs. However, this ability to su-

press interference is hindered by the finite value of common-mode impedance seen at the

amplifier’s input and imbalance in the electrode source impedances, allowing the conversion

of common mode input signals into differential signals [8, 20]. The CMRR requirements of

the performance standards are summarised in Table 2.3.

The IEC 60601 electrode model is that of a 51kΩ resistor with a 47nF capacitor in parallel.

For this model, it is also stated that the noise should not exceed 30µV ptp referred to the

amplifier input. The skin-electrode interface is responsible for much of the noise produced

by dry electrode bioelectric amplifiers [115, 116]. The figures presented in Table 2.3 do

not consider the additional noise generated by dry electrodes. The noise generated by the

electrodes is investigated in much more in detail in Chapter 3.

Pallas Areny and Webster [31] recommended avoiding the use of preamplified electrodes due
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Table 2.3: System Interference Requirements

Ambulatory ECG Non-ambulatory ECG

ANSI & IEC ANSI IEC

Max. noise (input refereed) 50µV ptp 30µV ptp 30µV ptp

Min. CMRR (mains frequency) 60 dB 95 dB 89 dB

to component tolerance mismatch leading to reduced CMRR. Pallas Areny and Fernandez

[117] further used active electrodes in electrocardiography to reduce noise and common mode

interference by about 20dB. Degen and JÄckel [118] later proposed adapting the gain of the

difference amplifier to cancel the effects of resistor tolerances and therefore maximize the

CMRR of the total system. The gain of the difference amplifier was controlled using an

optimal value for a variable resistor.

A high degree of source impedance mismatch can have a pronounced effect on the CMRR.

Degen and JÄckel [119] proposed a new method to continuously monitor skin-electrode

impedance without reducing the CMRR of the amplifier. Continuous real-time monitoring

of the skin-electrode impedance mismatch can be used to provide user feedback on pairing

of electrodes. This impedance mismatch can also be further used as an error signal for an

adaptive filter to reduce motion artefacts [120]. Spinelli et.al. [121] used a simple circuit to

establish the skin-electrode impedance mismatch at power line frequency.

Richard and Chan [122] have used a two electrode technique to monitor the heart rate and

the ECG using textile electrodes in a wearable garment. Reducing the number of electrodes

minimises electrode costs and also improves patient safety by removing the patient ground

electrode. However, the noise performance of the two electrode system using dry electrodes

was not assessed by any of these authors. Spinelli et. al. [30] used a similar technique to

boost the CMRR above 100dB at 50Hz with a 1.2MΩ source impedance imbalance. However,

it is well known that some dry electrodes exhibit very high impedance values and in turn

can degrade the CMRR performance. The noise performance of their ECG bioamplifier was

measured at 71µVptp. Ali and Rasoul in 2019 [123] proposed a wearable dry electrode

bioamplifier using a two wire current modulated active electrode (CMAE). The CMAE is in
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effect an operational transconductance amplifier, modulating the supply current with the input

voltage signal through its two supply rails. An adaptive canceller is used to improve the CMRR

to 120 dB. The total input referred noise was measured to be 3.9µVrms. The prototype is

reported to operate with a current consumption of 60µA. The high power consumption of

this prototype (0.2mW/channel) remains one of its main limitations.

2.4.2 Input Impedance Requirements

In order to preserve the morphology of the ECG signal, the common mode input impedance

must be high enough to compensate for mismatches in the skin-electrode interface impedance

over the desired signal bandwidth. The international standards reviewed so far recommend

an input impedance at the front end of the amplifier of magnitude greater than 2.5MΩ for

non-ambulatory ECG and 10MΩ for ambulatory ECG. A 6% signal attenuation is accepted for

non-ambulatory monitoring while 20% is tolerated for ambulatory electrocardiography. This

is summarised in Table 2.4.

Table 2.4: Input impedance requirements.

Ambulatory ECG Non-ambulatory ECG
ANSI & IEC ANSI & IEC

max. attenuation @ 10 Hz 20% 6%

min. single-ended input impedance 10MΩ 2.5MΩ

Negative Impedance Converters (NICs) can be utilised in integrated designs, allowing for

stable, tunable, negative capacitance generators to be built [124]. This small negative capaci-

tance can be obtained using a feedback mechanism to neutralise positive input capacitance to

preserve bandwidth and also eliminate any instability. However, this method is not feasible in

discrete form due to the difficulty in generating reliable small values of negative capacitance.

Y.M. Chi et. al [125] and Z. Zhou et. al [126] used bootstapping techniques in integrated

form to reduce parasitic capacitance.

Power supply boostrapping has been used over the years to reduce input capacitance. Kootsey

and Johnson [127] first proposed this technique using emitter follower buffers, opamps and

30



diodes to provide DC shifts. The idea was later on improved by Lányi et.al. [26] and Hribik

et.al [128]. However, all of the circuits proposed require a separate regulated supply for the

unity gain amplifier. Ultra high input impedance has also been achieved using input guarding

[129], bootstrapping [27–29, 130] and neutralising [15, 131, 132] techniques. Capacitance

neutralisation using discrete components has been successfully implemented by Chi et. al.

[131] and Spinelli et. al. [132]. However, the circuits used require adjustment and are difficult

to implement in discrete form. Spinelli in 2018 [30] further proposed a novel discrete two-

wire active electrode that provides high input impedance using power supply bootstrapping.

The implemented prototype reduced the input capacitance of the op-amp from 4pF to 71fF.

However, no boosted impedance value is given, even though it claims to have boosted the

input impedance within the 1kHz target bandwidth. The power consumption was measured

at 25mW and is one of the main drawbacks of their proposed idea.

2.5 TCD Based Research & State of the Art

For more than two decades, the Bioinstrumentation & Measurement research group in the

Department of Electronic & Electrical Engineering, Trinity College Dublin, Ireland has been

designing and developing low-power, dry-electrode ECG recording amplifiers fulfilling IEC

and other international standards pertaining to electrocardiography. The research group has

stressed the importance of considering several factors that affect the quality of the recorded

ECG signal. These parameters are: the skin-electrode-amplifier interface, amplifier frequency

response, electrical interference, amplifier CMRR and the semiconductor noise generated in

the amplifier [20, 24, 24, 25]. Burke in 1994 [24] designed the first micro-power instrumenta-

tion amplifier using three CMOS op-amps TLC27L4CN(Texas Instruments Inc.). Burke and

Gleeson [20] later modified and extended the design using six MAX400 series (Maxim Inc.)

op-amps. The prototype was reported to have a measured input impedance of 75MΩ, CMRR

of 88dB (with right leg drive), input-referred noise voltage of 50µV peak-to-peak and a power

consumption of 30µW. The preamplifier was then later improved by Burke and Assambo

[100] to provide an input impedance of 280MΩ at 0.05 Hz, CMRR was above 80dB and
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the power consumption decreased to 20µW. Later the common-mode input impedance was

further boosted to 2GΩ, the CMRR was greater than 95dB at 50 Hz and power consumption

increased to 45µW [25]. However, the input-referred noise was very high and was measured

at 200µV ptp. Reducing the semiconductor noise generally requires the use of op-amps with

higher supply current, and consequently higher power consumption.

Table 2.5: Commercially available ECG Front End Integrated Circuits

Key Features ADS129X ADS119X ADAS1000-1 AD8233 MAX30003

Input Impedance 1GΩ 1GΩ 1GΩ 5GΩ 45GΩ

Input Capacitance 20pF 20pF 10pF 15pF 10pF

Input Noise ptp 4 µV 12 µV 16 µV 10 µV 4.6µV

Bias Current 200pA 200pA 1nA 50pA 1µA

CMRR 115dB 105dB 110dB 86dB 77dB

Power Consumption 0.75mW 0.55mW 11mW 50µA
supply

85µW

Resolution 24 bits 16 bits 24 bits N/A 18 bits

The performance specifications of a number of commercially available bio-amplifier integrated

circuits are listed in Table 2.5. It can be seen that most of these integrated devices have

digital output, high power consumption, high bias current and in some cases relatively low

amplifier input impedance. The amplifier input impedance required is governed by the electri-

cal properties of the electrodes. The skin-electrode-amplifier interface is analysed in detail in

Chapter 4 and it is shown that the amplifier must have a minimum 10GΩ input impedance for

use with most dry electrodes. The AD8233 (Analog Devices Inc.) reports to have a CMRR of

86dB from DC to 60 Hz. The CMRR drops to 75dB in extending the bandwidth to 250 Hz.

Considering the input impedance to be 10GΩ and the source impedance to be 1MΩ, the target

is to boost the CMRR to above 80dB within the ECG bandwidth of 250 Hz. The voltage

noise spectral density is also very high and is measured at 150 nV/
√
Hz . It is noteworthy that

even though the MAX30003 (Maxim Semiconductor) in Table 2.5 looks promising, it also has

some shortcomings. The measured CMRR value is reported as 77dB with the IEC electrode

model (47nF||51kΩ). Similarly, ADAS1000-1 (Analog Devices Inc.) has reported the CMRR

to be 110dB with 51kΩ source imbalance. The IEC model is primarily intended to apply
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to wet electrodes for ECG measurement equipment. Dry electrodes exhibiting higher source

impedance mismatch will have a pronounced detrimental effect on the CMRR attained. The

resistor value reported in the IEC model is quite low and is not realistic. Therefore, electrical

characterisation on a number of electrodes and subjects has been carried out and is reported

in Chapter 3.

2.6 Practical Design & Target Specification

Table 2.6: Target performance specification for ECG Preamplifier

Input signal amplitude: 0.05 mV - 10 mV ptp

Slew rate: 320mVs-1

dc offset voltage: ±300 mV

Output signal amplitude: 1 V ptp

System noise: 30 µV ptp max. (referred to input)

CMRR: 95 dB min. in 0.5 - 100 Hz bandwidth

Input impedance: 10GΩ in the 3-dB bandwidth

Frequency response: 3-dB bandwidth 0.05 - 250Hz

Differential gain: 40dB-46dB

Gain Variation: ±0.5 dB over the range 0.14 to 30 Hz

Phase Response: ≤0.05 Hz single-pole high-pass filter

Impulse Undershoot: 0.1 mV max. undershoot after 3 mV-100ms impulse

Recovery Slope 0.3 mVs-1 max.

Power supply: Supply voltage: 3V-5V

Supply current: 150 µV max.

Power consumption: ≤1mW

The skin-electrode-amplifier interface impedance remains one of the main limitations in record-

ing clinical quality ECG signals using dry electrodes. This requires boosting the input impedance

of the amplifier to mitigate against the effects of electrode impedance. A elasticated vest needs

to be constructed using a highly elasticated material so that it will be body tight and correctly

shaped to provide sufficient tension to hold the electrodes in place and give adequate skin

contact. This will significantly reduce the effect of baseline wander and motion artefact. The
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cables and the electrodes need to be properly shielded to reduce electrical interference. Most

bio-amplifiers are connected to ground through the power line, or in some cases, through a

separate local ground point in the room. Ground loops appear when two instruments have

electrodes attached to the patient and are connected to ground using two or more different

ground points [5]. A current can flow through the patient from the higher potential ground to

the lower potential ground point. A large potential difference between two ground points can

cause unsafe levels of current to flow through the patient. This poses serious safety concerns

and in addition also elevates the patient’s body potential above the lowest ground point.

This results in common-mode voltages occurring on the electrocardiogram that, if it has poor

CMRR, can increase the amount of interference present. In the case of the ambulatory ECG

recording the situation is further complicated by the absence of a true ground point.

New versions of the IEC standards for ambulatory and non-ambulatory electrocardiographic

equipment are due very shortly. Drafts, made available in advance for public review do

not, however, address issues specific to dry electrodes and minimum requirements for input

impedance and rejection of common-mode signals are not expected to change. The author

[86, 87] has already shown that the that the minimum 10MΩ amplifier input impedance rec-

ommended in IEC 60601 is insufficient for gelled or un-gelled electrodes which can only be

accurately modelled by an appropriate two-time constant model. The standards-compliant

equipment can still introduce distortion of over 100µV undershoot from the baseline of the

pulse and of over 300µV/s recovery slope in response to a standard IEC 60601 test pulse as

indicated in section 2.3.2. The IEC 60601 standard primarily deals with the performance of the

recording amplifier but have neglected the effects of the skin-electrode interface impedance.

Therefore, the current performance specification for the transient response of electrocar-

diographs is inadequate and needs to be revised to take account of the impedance of the

skin-electrode impedance network in the relevant tests. It is important to establish a sound

theoretical and practical foundation for design constraints which can be used to establish the

input impedance required in the recording amplifier based on the electrical properties of the

electrode, once these are known or can be measured. The effective input impedance of the

amplifier must also be chosen such that the transient time-domain specifications of the IEC
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60601 standard are fulfilled. The most stringent requirements must be used from among all

the known standards in an effort to design a universal low power, dry-electrode ECG recording

amplifier. The target specifications for the intended ECG preamplifier design undertaken by

the author are summarised in Table 2.6.

The following chapters will present the underlying analytical work as well as the practical

design and verification of a low-power amplifier intended to meet the requirements outlined

above for un-gelled ECG recording.
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3 Electrical Characterisation of Textile-

Based Dry Electrodes

It is essential to model the electrical behaviour of ECG electrodes in order to design the

input stage of the recording amplifier correctly. A number of conductive electrodes have been

introduced commercially and these have mainly been of a conductive rubber or polymer type.

Previous work has been carried out to characterise these electrodes [8, 13, 20, 104, 133]. Since

the intention in this project is to mount the electrodes in an elasticated vest, textile-based

electrodes will be used.

Studies have been reported on methods of determining the values of the equivalent electrical

components of these models in both the frequency and the time domains [104, 134]. Efforts

to determine the properties of un-gelled ECG electrodes have shown that the component

values of skin-electrode-interface impedance models and the associated time-constants are

too large to be measured accurately in the frequency domain [134]. Measurements made

in the time domain on conductive rubber electrodes have yielded more reliable values of the

model components [104, 135]. Another issue of concern is the magnitude of the active current

used in measuring the electrical properties of electrodes which are used passively in recording

the ECG. Currents ranging from 0.5 µA - 100 µA have been reported in the literature [136–

139] with varying values of components obtained for electrodes of similar type depending on

the current used for the measurement. The fear is that the magnitude of the current used

has influenced the component values obtained.

This chapter reports the measurement of the electrical properties of four textile-based elec-
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trodes and the extraction of the values of the electrical model components using a time-

domain, current-source based method. These values are also compared with the equivalent

values for a conductive rubber electrode and a standard self-adhesive electrode. A preliminary

study was carried out to establish the effect of the active measurement current on the com-

ponent values obtained for a number of electrodes. Once a suitable value of active current

was established, this was then used to determine the component values for both single C-R

and double C-R based models as shown in Figs. 3.1(a) and 3.1(b) respectively, for all of the

electrodes. This chapter also reports the measurement of the noise voltages generated by

the skin-electrode interface for four fabric based electrodes and their comparison with those

of a conductive rubber electrode and a standard self-adhesive electrode. Evaluation of the

coefficients of a spectral noise density model for these electrodes was undertaken.

3.1 Background

The electrical properties of the skin-electrode-amplifier interface as described in Chapter 2 can

be represented using a simple single time-constant C-R model or a more accurate double-time

C-R model. Polarization potentials are omitted from the models of Fig. 3.1 as these will not

be measured in the tests carried out, and the electrodes will be ac coupled to the input of the

amplifier in practice.

(a) Single C-R time-constant skin-electrode inter-
face model

(b) Double C-R time-constant skin-electrode-
interface model

Figure 3.1: Electrical models of the skin-electrode-amplifier interface [12]

Time domain measurements involve using a dc current source which can be switched on and

off or modulated with a sinusoidal source as shown in the simplified block diagram of Fig. 3.2.

This allows dc, ac or long duration pulse based measurements to be made through two identical
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electrodes placed on the skin. The resulting voltage across the pair of electrodes is measured

at the electrical connection to the upper electrode while the second electrode is connected to

ground. The output voltage is then recorded for digitization and processing.

Figure 3.2: Principle of time-domain measurement

A more comprehensive circuit diagram of the current source and measurement system is shown

in Fig. 3.3. The current is controlled by the op-amp A1 (OPA192, Texas Instruments Inc.)

and the p-type MOS transistor, T1 (BSP220, Vishay Inc.). A reference voltage obtained at

the wiper of potentiometer RV 2 is used to vary the value of the dc current, with potentiometer

RV 1 providing fine tuning within the potential divider formed by R1, RV 1 and RV 2, operating

from a 30V supply. A small negative supply voltage of -3V (not shown) is also used with the

op-amps to ensure that their common mode input voltage range includes ground. The switch

SW1 and resistors R5 and R6 allows one of two ranges of current to be selected, namely, 0.1

– 10 µA or 1 – 100 µA.

The resistors R3 and R4 aid in controlling very low levels of current conduction in the MOS

transistor that are close to its leakage current, which was measured at 40nA. The reference

voltage can be modulated with a sinusoidal signal applied via the dc blocking capacitor C1 and

the protection resistor R2. The switch SW2 allows the load to be selected as either the fixed
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Figure 3.3: Schematic diagram of the current source.

resistor R9 of 1 MΩ, which is used to set up the dc current accurately, or the impedance of the

electrodes under test. The output voltage developed across the load impedance is measured

by the buffer op-amp A2 which provides a very high input impedance of ≥ 1012Ω and a low

output impedance to feed monitoring equipment. A relay, RL1 (CRR03, Meder Ltd.) is used

to allow the load to be connected or disconnected from the current source so that the fall

phase of measurement depends only on charge stored in the electrode capacitance and not on

any leakage current flowing in the transistor. This relay is miniature and operates from a 3 V

supply with negligible contact bounce. The relay is driven by a simple buffer circuit consisting

of the bipolar transistor T2 (2N2222A, NTE Electronics Inc.), resistors R7, R8 and diode D1

(1N4148, Vishay Inc.) which accepts a TTL level input pulse to activate the relay.
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3.2 Methodology

3.2.1 Electrode Details and Ethical Issues

The skin-electrode-interface impedance values vary from individual to individual. For each

individual, the measured impedance also varies depending on the electrode type, placement

location, and dimensions of the electrode used in the measurement. Measurements were

carried out on four conductive textile/fabric electrodes, one conductive rubber electrode and

one adhesive pre-gelled electrode. Details of the model, construction and dimensions of the

electrodes examined are presented in Table 3.1. Measurements were undertaken on 20 vol-

unteering subjects aged between 22 and 64 years. There were two male and two female

volunteers in each of five national/ethnic groups namely: European (Irish), Chinese, Indian,

African and Latin American. These groups covered the five internationally recognized skin

types classified according to melanin content [140]. The nature and procedures of the mea-

surements were explained to each subject in detail verbally, as well as providing them with

the same information in a pamphlet and each subject was asked to sign a consent form. The

study was approved in advance by the appropriate ethics committee in Trinity College Dublin

and ensured to be fully compliant with all regulations governing procedures involving human

subjects as well as with current data protection and GDPR legislation.

3.2.2 Measurement Procedure

The electrical measurements were conducted using a current-based time-domain approach.

Two identical electrodes were placed together at one of two locations on the subject’s body.

One site was the lower abdomen and the second was the forearm of the subject. The skin was

not prepared in any manner so that there was no cleansing, abrasion or hair removal. The

electrodes were placed 3 cm apart at the measurement site. A flexible cotton bandage with an

elastic clip fastener was wrapped around the electrodes and limb or torso to hold the electrodes

in place at the site. A flexible cotton bandage was wrapped around the electrodes and the

limb or torso to and hold the electrodes in place and secured with elastic clip fasteners. The
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Table 3.1: Physical Details of Electrodes and Supplier

Elec. No. & Model Material Type and Con-
struction

Dimensions
(cm)

Manufacturer/Supplier

1. Red Dot 50-2237 Self-adhesive, solid gel
center (17mm)

4 diam. 3M Health Care Ltd.,
Ontario, Canada.

2. Self constructed Silver woven fabric
on 1.5mm polyester
fibre cloth backed with
1.2mm polyester

5 x 5 Robot Shop, Hether-
sett, Norfolk, UK.

3. Round conduc-
tive electrode 50

Silver fibre fabric with
sponge backing

5 diam. Current Pleasures Inc.,
California, USA

4. YD-C106 Silver fibre fabric with
sponge backing

3 diam. YD Strong Technology,
Shenzhen, China.

5. CGP83294 Silver woven fabric with
thick sponge backing
and outer cotton fabric.

2.5 x 6.5 Medi-Stim Inc., Min-
nesota, USA

6. WA45 Conductive silicone rub-
ber

4.5 x 4.5 Wandy Rubber Indus-
trial Co. Ltd., Taipei,
Taiwan.

bandage was wrapped to fit snugly but without significant stretching. It proved impossible

to measure the degree of stretching in the bandage but every effort was made to ensure

consistent tension in the elastic fasteners. This ensured that the electrodes had the same

degree of contact against the skin as would be the case when mounted in an elasticated vest.

The electrodes were left to stabilize for 2 or 3 minutes during which time the subject sat

comfortably in a chair while resting the forearm on a table. During the experiments, subjects

were asked to sit as still as possible and to breathe normally to avoid movement artefact in

the recorded signals. The fixed resistor, R9, in Fig. 3 was used to set up the required level

of dc current. The injected current was initially set to a fixed value and modulated to a

depth of 50% of the dc value by a sinusoidal signal at a frequency of 10 kHz, obtained from

a signal generator (Le Croy, Wave-Station 2012). At this high frequency the impedances of

the parallel C-R networks in the electrical models are negligible and the output signal level is

determined entirely by the value of the series resistance either RS or RS1 + RS2, depending on

the model. This allowed the values of these components to be measured directly and recorded.

41



During time-domain tests the dc current was activated using the relay RL1 and allowed to flow

through the pair of electrodes for a duration of 30 s. This period was chosen to be longer

than any of the time constants of the electrodes, but short enough to prevent inaccuracy due

to drift or temperature changes. Current was then deactivated by opening the relay contacts

for a period of 30 s. Several cycles of this rise-and-fall application of current were allowed

so that a single cycle having the lowest attainable degree of noise could be obtained at the

output of op-amp A2. A typical waveform of a recorded cycle of output voltage is shown in

Fig. 3.4. A digital oscilloscope (Keysight, DSOX3024A) was used to digitalize and store the

rise and the fall output voltage waveforms on a memory stick.

Figure 3.4: A typical cycle of recorded output voltage.

3.2.3 Single Time-Constant Model Characterisation

The input test signal can be considered effectively as a single current pulse characterised

as two steps of magnitude IREF and opposite sense separated by a duration T. This can be

described in the time domain as:

i(t) = IREF [u (t)− u (t − T )] (3.2.1)

The skin-electrode-interface impedance measurement is carried out using two identical elec-

trodes, ZE1 and ZE2, placed on the skin as illustrated in Fig. 3.2 and taken to have the

same impedance. The impedance of the pair of electrodes, when each is modeled as a single
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time-constant C-R network, can be described in the Laplace domain as:

ZE = 2

[
Rs +

Rp

1 + sRpCp

]
(3.2.2)

where, ZE (s)=ZE1(s)+ZE2(s).

The transient voltage at the output of the buffer amplifier A2 in response to a current pulse

characterised by (3.2.1) is given in the time domain as:

VE = IREF
[

2Rs + 2Rp

(
1− e

− t
CPRP

)]
u (t)− IREF

[
2Rs + 2Rp

(
1− e

− (t−T )
CPRP

)]
u (t − T )

(3.2.3)

Following activation of the relay, during the rise phase the output voltage of the buffer amplifier

is described as:

VE = 2IREF
[
Rs + Rp

(
1− e

− t
CPRP

)]
(3.2.4)

At the end of the duration T of the pulse, just prior to the falling edge, the output voltage of

the amplifier A2 is described as:

VE = 2IREF
[
Rs + Rp

(
1− e

− T
CpRp

)]
(3.2.5)

For a sufficiently long pulse duration T >> CpRp the final value of the rise phase of this

voltage is given as:

VE = 2IREF (Rs + Rp)] (3.2.6)

Immediately following the trailing edge of the pulse at t = T on deactivation of the relay, the

output voltage is given as:

VE = 2IREFRp

(
1− e

− T
CpRp

)
(3.2.7)
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In the case of a pulse of long duration so that T >> CpRp this can be taken and Rp >>

Rs :

VE = 2IREFRp (3.2.8)

The output voltage during its fall phase, once the relay has been deactivated, can be then be

closely approximated in the time domain as:

VE (t) = 2IREFRpe
− (t−T )

CpRp (3.2.9)

This voltage will eventually return to the zero value base-line.

The Curve Fitting Tool in MATLAB was used to fit curves separately to the rise and fall

phases of the most noise-free cycle of the voltage waveform recorded at the output of the

buffer amplifier A2. Initially, a fixed dc value of current IREF allowed the value of RS+RP to

be determined and the ac measurement made at 10 kHz provided the value of RS . These

values were substituted as initial parameters into the curve fitting procedure in MATLAB.

The curves described by (3.2.4) and (3.2.9) were then fitted to the rise and fall phases of the

voltage waveforms, respectively. This allowed the time constant τ = CpRp and the individual

values of RP and CP to be extracted separately for the rise and fall phases. The accuracy of

the curve fitting was optimized by running a range of error determining constraint algorithms

available in the toolbox such as Trust Region or Levenberg-Marquardt and selecting the one

which gave the minimum least mean square error in the curve fit.

3.2.4 Double Time-Constant Model Characterisation

The skin-electrode impedance when modelled as a double time-constant network can be ex-

pressed in the Laplace domain as:

ZE = 2

[
RS1 +

RP1

1 + sCP1RP1
+ RS2 +

RP2

1 + sCP2RP2

]
(3.2.10)
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The resulting voltage at the output of the buffer amplifier A2 in response to the input current

described by (3.2.10) is given in the time domain as:

VE = 2IREF
[
RS + RP1

(
1− e

− t
CP1RP1

)
+ RP2

(
1− e

− t
CP2RP2

)]
u (t)

−2IREF

[
RS + RP1

(
1− e

− (t−T )
CP1RP1

)
+ RP2

(
1− e

− (t−T )
CP2RP2

)]
u (t − T )

(3.2.11)

where, the series resistance, RS = RS1 +RS2. The output voltage during the rise phase of

the current is given in the time domain as:

VE (t) = 2IREF
[
RS + RP1

(
1− e

− t
CP1RP1

)
+ RP2

(
1− e

− t
CP2RP2

)]
(3.2.12)

If the duration of the pulse is sufficiently long so that, T >> Cp1Rp1 and Cp2Rp2, then the

exponential terms at t = T in (3.2.12) become negligible and the final value of the rise phase

voltage is then:

VE (t) = 2IREF [(RS + RP1 + RP2)] (3.2.13)

The output voltage immediately following the end of the pulse at t=T, when the input current

is abruptly deactivated is described in the time domain as:

VE (t) = 2IREF
[
RP1

(
1− e

− T
CP1RP1

)
+ RP2

(
1− e

− T
CP2RP2

)]
(3.2.14)

The output voltage in (3.2.14) with T >> Cp1Rp1, Cp2Rp2 can be rewritten as:

VE = 2IREF (RP1 + RP2) (3.2.15)

The output voltage given by (3.2.14) has an initial negative step of -2IREF (RS1+RS2) from

the end value of the rise phase given by (3.2.13). This is the essential point of the start of

the fall phase. However, results revealed that the magnitude of RP1+RP2 >> RS1+RS2 by

some orders of magnitude and the resulting negative step was insignificant. Therefore, the

final value of the rise phase given by (3.2.13) could be taken as the initial value of the fall
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phase. Therefore, the output voltage during the fall phase can be closely approximated in the

time domain as:

VE (t) = 2IREF

(
RP1e

− (t−T )
CP1RP1 + RP2

− (t−T )
CP2RP2

)
(3.2.16)

The same curve fitting procedure was used in MATLAB to fit the double time-constant

equations of (3.2.12) and (3.2.16) to the cleanest cycle of recorded data for the rise and

fall phases of the voltage waveform, respectively. Steady state dc measurement with a fixed

current allowed the value of RS1 +RS2 +RP1 +RP2 to be determined and the ac measurements

at 10 kHz provided the value of RS1+RS2. These values were entered into the curve fitting

procedure in MATLAB as initial parameters. Values for the components CP1, RP1, CP2, and

RP2, as well as the time-constants τ1 = CP1RP1 and τ2 = CP2RP2 were extracted separately

for the rise and fall phases from the curve fitting procedure.

3.2.5 Measurement Current

The first issue examined was the magnitude of the current, IREF that should be used in mea-

suring the electrical properties of the electrodes. The electrodes of interest were intended for

use in an ECG recording environment, where the only current flowing through them in practice

is that induced by the ECG signal itself. Consequently, it is of the utmost importance that

electrical properties measured are not influenced by the current used to measure them, since

the values obtained determine the design requirements of the associated recording amplifier

[82, 86, 87, 101].

The effect of the current level on the value of overall skin-electrode interface model compo-

nents was measured on four subjects and four different electrodes (nos. 1, 4, 5, 6 in Table 3.1).

The current IREF was set at values of 0.3, 0.5, 1, 2, 5, 10, and 20µA. It proved impossible to

control the current reliably at values below 0.3 µA because of leakage currents in the BSP220

transistor. The current was activated for 30 s and deactivated for 30 s for several cycles as

outlined in Section 3.2.2 above and the output voltage of the buffer amplifier A2 was recorded

for each value of current. The component values RP and CP were then extracted using the
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curve fitting procedure for the single time-constant model outlined in Section 3.2.3.

The values of the components obtained are shown plotted in Fig. 3.5 for the conductive fabric

electrode no. 5 of Table 3.1, placed on the arm of the four subjects. It can clearly be seen

that the values of the model components RP and CP vary significantly across the range of

current. In all cases the variation is greater than 2:1 across the range rising to 11:1 in the

highest case. The resistance RP ranges from 320 kΩ to 11 MΩ while the capacitance ranges

from 5.6 nF to 716 nF. The curves of Fig. 3.5 show without doubt that the level of current

used has a major influence of the values of the components measured. Much higher values

of both components are measured at very low levels of current and the trend suggests that

some values would be higher at currents lower than the minimum of 0.3 µA used.

(a) RP Measured in fall phase for electrode no. 5
placed on the arm

(b) CP Measured in fall phase for electrode no.5
placed on the arm

Figure 3.5: Variation in single time-constant model components vs. current, IREF

The trend is the same for both RP and CP so that there is a pronounced effect on the values

of the time-constant CPRP which ranged from 4 ms to 1.7 s. The ranges of the extracted

component values, as well as the range the time-constant τ for paired values of CP and RP are

given in Table 3.2. The trend of the curves of Fig. 3.5 was broadly repeated for all electrodes

in all subjects studied for both arm and abdomen locations and both rise and fall phases of

current. It is therefore clearly evident that if an accurate model of an in–vivo electrode is to

be established, these properties must be measured using a current of less 1µA. This throws

doubt on the values of components of electrode models cited in many studies reported in the

literature [104, 136–139, 141]. The authors consequently decided to use a current of 0.5 µA

so that accurate control of the current as well as a reasonable signal-to-noise ratio could be

maintained, while at the same time having the lowest possible current.
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3.3 Electrode Properties

The values of the components in the equivalent electrical models of all 6 electrodes were

extracted from the measured voltage responses to activation and deactivation of the current,

IREF , via the relay, RL1, in Fig. 3.3. The values of RP and CP obtained for the single time-

constant model are shown in Fig. 3.6 for electrodes placed on subject’s abdomen in (a) for

the rise phase of the current when activated and in (b) for the fall phase of the current when

deactivated. Values of RP are given on the left-hand ordinate axis of all figures while values

of CP are given on the right-hand ordinate axis. Parameter values are shown for all subjects

and all electrodes. Fig. 3.7 shows the same parameters for electrodes when placed on the

subject’s arm.

(a) Current rise phase (b) Current fall phase

Figure 3.6: Parameter values for the single time-constant model with electrodes placed on
the subject’s abdomen.

The parameters RP1, CP1, RP2 and CP2 are shown in Fig. 3.8 and Fig. 3.9 for the corre-

sponding conditions for a double time constant model of the electrodes. Table 3.3 presents

the minimum and maximum values of the parameters obtained as well as the minimum and

maximum values of the single time-constant CPRP classified according to ethnicity and hence

skin type. Table 3.4 presents the corresponding values of the parameters for the double time-

constant model as well as the range of values for the time constants τ1 = CP1RP1 and τ2 =

CP2RP2.
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(a) Current rise phase (b) Current fall phase

Figure 3.7: Parameter values for the single time-constant model with electrodes placed on
the subject’s arm.

3.4 Discussion

A limited number of 20 subjects with only 4 in each category of melanin skin type, 2 male

and 2 female, were involved in this study and only 4 conductive fabric based electrodes were

examined. It must therefore be accepted that no statistically reliable inferences can be drawn

from the results. Nevertheless, given that there are 2 male and 2 female subjects in each ethnic

skin type group likely differences can be recognized between ethnic groups or skin types and

sexes. Examining Figs. 3.6 – 3.9 it can be seen that the trends in the variation in parameter

values across the range of electrodes is consistent for both single and double time-constant

models and for both abdomen and arm locations. There is slightly wider variation in the

parameter values obtained for the rise phase compared with the fall phase of current, though

this is more noticeable in the case of the double time-constant model. This is thought to

be due to the fact that in the rise phase, current is actively injected through the tissue cell

membranes while in the fall phase the charge present is passively returning to its norm. There

are undoubtedly associated changes in the permeability of the cell membranes to ions present

in the inter- and intra-cellular fluids that are different in each case giving different electrical

behaviours. This is also reflected in the differences in time-constants for the rise and fall

phases as evidenced in Tables 3.3 and 3.4.

A comparison of the results also reveals that the electrode with the highest contact area
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(a) Current rise phase

(b) Current fall phase

Figure 3.8: Parameter values for the single time-constant model with electrodes placed on
the subject’s abdomen.

results in the lowest interface impedance. This is true for all of the subjects whether the

electrode was placed on the abdomen or the arm. This is not surprising as for a conductive

material, the resistance is inversely proportional to the cross-sectional area and the capacitance

is proportional to the effective contact area between the electrode and the skin. Electrode

2 having the largest area can be seen to exhibit the lowest values of resistance and highest

values of capacitance, and consequently the lowest impedance.

Comparing ethnic groups, it can be seen that, broadly speaking, subjects with darker skin

types having higher melanin content exhibit higher resistance and lower capacitance values.

This appears consistent across African, Indian and Latin American subjects, while Irish and
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(a) Current rise phase

(b) Current fall phase

Figure 3.9: Parameter values for the single time-constant model with electrodes placed on
the subject’s arm.

Chinese subjects exhibit lower resistance and higher capacitance values, irrespective of elec-

trode location on the body. It can also be seen that for similar measurement scenarios, female

subjects often, but not always, exhibit higher values of resistance and lower values of capac-

itance than male subjects in the same ethnic group. In general, the same electrodes when

located on the arm yield higher resistance and lower capacitance values than when placed on

the abdomen. This is thought to be due to higher degree of toughness of the more exposed

skin on the arm.
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3.5 Noise Performance of Electrodes

The skin-electrode interface noise performance is a crucial factor in high resolution surface

bio-potential measurements. Recorded ECG signals have very low amplitudes of 50 µV-

10 mV in the bandwidth of 0.05-250 Hz and are highly susceptible to contamination from

unwanted interference and noise [117, 142, 143]. Dry, un-gelled electrodes have consistently

been reported in the literature to be noisier than the standard gelled, self-adhesive electrodes

used in the hospital clinics [62, 144]. The origin of the noise in surface electrodes has been

investigated over the years by several researchers [117, 145–149]. However, there is yet limited

information available when it comes to the source of noise in dry electrodes and in particular

textile-based electrodes.

3.5.1 Noise Measurement Circuit & Experimental Setup

Figure 3.10: Schematic Diagram of Electrode Noise Measurement System.

A schematic diagram of the circuit used for noise measurement is shown in Fig. 3.10. A

low-noise, battery-operated op-amp (LTC2058, Analog Devices Inc.) structure implementing
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a differential gain of 1000 provides the output voltage noise Vno . The white voltage noise

and current noise spectral densities for this op-amp are extremely low and are quoted by the

manufacturer as 9nV/
√
Hz and 1pA/

√
Hz respectively. The op-amp exhibits practically no 1/f

noise component and its input referred noise is considered purely white. A resistive potential

divider arrangement allows cancellation of electrode polarisation potentials and amplifier offset

voltages within the range +800 to -800 mV without recourse to ac coupling. A battery-

operated, high-resolution digital oscilloscope (PicoScope 4262) was used in conjunction with

a laptop computer to digitize the output noise voltage obtained from the amplifier. This

instrument featured a slow recording time-base combined with high sampling rate and 16 bit

resolution and internal noise of < 0.25 LSB which was not available in conventional laboratory

digital oscilloscopes. The use of battery operated instrumentation inside a Faraday cage and

deactivation of the mains power supply in the measurement environment ensured an extremely

low level of 50 Hz pick-up without the need for grounding the subject through a third electrode.

Two identical electrodes were placed at a 3cm separation on the subject’s forearm without

any manner of skin preparation. A flexible cotton bandage with an elastic clip fastener was

wrapped snugly around the electrodes and arm to hold the electrodes in place, which were

then left to stabilize for 5 minutes. During the measurements, subjects were asked to sit as

still as possible to avoid movement artefact in the recorded signals. The output data was

recorded for 100s at a sampling rate of 1Msample/s. Files were saved in .mat format for

further processing in MATLAB (MathWorks 2019b).

3.5.2 Circuit Noise Analysis

The amplifier noise voltage was measured by grounding the 100Ω resistors using switches

SW1 and SW2 shown in Fig. 3.10. The effective resistance seen at each input terminal of

the op-amp is therefore 100Ω. The rms thermal noise voltage produced by this resistance is

given as:

VnR−g
= VnR+

g
= VnRg =

√
4kTBRg (3.5.1)

56



where k = 1.23 ×10−23 J/K is Boltzmann’s constant, T = 300 K is the ambient room

temperature in Kelvins, B = 250 Hz is the signal bandwidth and Rg is the effective noise

resistance seen at either input pin of the op-amp. The thermal noise voltage given by (1) is

VnRg = 20.34 nVrms. Including the semiconductor sources of noise in the op-amp, the total

output noise is given as:

Vno,rms =

(
1 +

R4

R3

)
×
√

V 2
na + 2V 2

nRg
+ 2i2naR

2
g (3.5.2)

where Vna represents the op-amp noise voltage and ina the op-amp current noise within the

bandwidth of interest. Substituting the values of Vna = 142.3 nV and ina = 15.8 pA obtained

for the bandwidth of interest gives Vno,rms = 0.145 mVrms. Applying a single-pole, low-pass

filter correction factor, the peak-to-peak output noise voltage is finally given as:

Vno,ptp = 1.57× 6.6Vno,rms = 1.5mVptp (3.5.3)

The continuous noise voltage recorded from a practical bench test is shown in Fig. 3.11 and

verifies the theoretical calculations at 1.66mVptp.

Figure 3.11: Peak-to-Peak Noise Voltage recorded from the Amplifier.

The noise voltage measurements were then conducted on six volunteers using all the electrodes
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listed in Table 3.1. Allowing for the two electrodes present in each test, the electrode noise

power can be evaluated by subtracting the squared noise voltage measured with the amplifier

inputs grounded from the squared noise voltage obtained with the electrodes placed on a

subject’s arm so the noise voltage for a single electrode is given as:

Vne,rms =
√

0.5 (V 2
nt − V 2

ni) (3.5.4)

Figure 3.12: Input referred noise voltage spectrum and model function for Male 1, Electrode
No. 1.

where Vne,rms is the electrode noise voltage, Vnt represents the amplifier total output noise

voltage recorded with electrodes in place and Vni denotes the noise voltage with the amplifier

inputs grounded. The resulting electrode noise voltage is referred to the input by dividing by

the amplifier gain.

This gave a noise spectral density across the bandwidth of interest for each electrode used on

each subject. The noise spectral densities recorded were filtered with narrow-band IIR filters

in MATLAB in order to remove any residual 50 Hz mains interference and its third harmonic

at 150 Hz. The curve fitting function ‘NonlinearFit’ in Mathematica (Wolfram Research) was

used as shown in Fig. 3.12 to fit a curve of the form of y = K/f + C to each of the noise

spectra recorded . This gave a noise model having a white component, C and a flicker or
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Figure 3.13: Noise Spectral Density Function for Electrode 2 across all subjects.

Figure 3.14: . Noise Spectrum Density Function for Male 1 across all electrodes.

1/f component of coefficient K. This was done for the noise spectrum obtained from each

subject for each electrode studied. The input-referred noise spectral density function is shown

plotted in Fig. 3.13 for Electrode 2 in all subjects and in Fig. 3.14 for Male Subject 1 across

all electrodes. In both cases the spectral density function is also shown for the amplifier with

the inputs grounded. It can be seen that the corner frequency of the amplifier noise is in

the region of 0.2 Hz and is white above this frequency rather than from dc as stated by the

manufacturer. The plots also show that the amplifier noise voltage is higher above about 10

Hz than that of the electrode. The coefficients of the noise spectral density functions as well

as the corner frequencies are listed in Table 3.5 for all electrodes and subjects.

Examining Table 3.5, it can be seen that the gelled adhesive electrode (Electrode No. 1)
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has lower levels of white noise. This is to be expected as this type of electrode provides

more reliable skin contact and lower skin interface impedance. It can also be seen that there

is considerable intra-individual variation as the white noise voltage ranges from 1.1 - 4.6

nV/
√
Hz . Electrode 4, having the smallest area exhibits the highest values of white noise.

This is not surprising, as for a conductive electrode the noise generated is inversely proportional

to the square root of the cross-sectional contact area of the electrode [145].

Table 3.5: Electrode voltage noise variations across all subjects

Elec. No. 1 2 3 4 5 6

Male 1
fcv (Hz) 17 8 6.9 13.2 8.8 14
C (nV/

√
Hz) 3 3.9 3.5 3.3 3.1 4.2

K (nV
√
Hz) 61.4 12.7 11 32 12.5 16

Male 2
fcv (Hz) 13 5.9 8 9 10 12
C (nV/

√
Hz) 1.4 4.5 3.4 3.1 3.3 2.9

K (nV
√
Hz) 21 14 12 13 12.5 12

Male 3
fcv (Hz) 7 9 10 6 9.5 11
C (nV/

√
Hz) 4.6 3.4 4.6 4.8 4.3 3.3

K (nV
√
Hz) 14 12 13 11 14 12

Female 1
fcv (Hz) 9 9.3 16 10 7.8 7.8
C (nV/

√
Hz) 4.2 4.8 4.3 4.9 4.5 4.3

K (nV
√
Hz) 24.3 13 44.1 13 12.5 12

Female 2
fcv (Hz) 28 21 17 24 20 19
C (nV/

√
Hz) 1.8 1.7 1.9 2.3 2.1 2.6

K (nV
√
Hz) 80 46 45 47 50 44

Female 3
fcv (Hz) 30 8.3 8.5 7 9 12
C (nV/

√
Hz) 1.1 5 4.4 5.6 4.5 3.2

K (nV
√
Hz) 55 13 15 8 13 15

It is also noteworthy that the flicker K/f noise contribution from the gelled adhesive electrode

is higher than for most of the dry electrodes investigated in this study. This is particularly

the case for the Male 1, Female 2 and Female 3 subjects and may be due to the fact that

these subjects had either body hair on the arm or dry skin. It can also be seen that for similar

measurement circumstances, female subjects often, but not always, exhibit higher values of

white noise than male subjects. This is thought to be due to the fact that female subjects

tend to exhibit higher values of skin-electrode impedance [104] and consequently higher values
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of intrinsic noise. However, the relationship between electrode noise and source impedance

is still not clear and requires further investigation. The input noise currents of the op-amps

used for bio-potential measurements are generally considered to generate significant noise

voltages when flowing through the impedance of the electrodes. The noise voltages can be

significantly higher for the dry fabric-based electrodes than for traditional gelled electrodes

due to their higher impedance [104]. Therefore, while more noise may be present when using

dry electrodes, the noise may not be generated intrinsically by the electrode itself, but by

the input noise current of the amplifier flowing through the electrode. However, many of

the commercially available very low-power op-amps popular in bio-amplifiers used in portable

ambulatory recording applications have high input noise currents as well as significant white

noise voltages within the signal bandwidth.

3.6 Concluding Remarks

The noise voltage generated by the electrodes themselves is found to be lower than that

introduced by the amplifier. The high source impedance of the fabric electrodes is seen to

contribute to the noise generated at the amplifier due to input noise current of the latter.

However, when an amplifier with low input noise current is used the evidence does not suggest

that un-gelled fabric based electrodes are intrinsically more noisy than others. Consequently,

they should be suitable for use in an elasticated vest.
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4 Establishing the Input Impedance

Requirement of ECG Amplifier

This chapter establishes design criteria for amplifier input impedance requirements based on

the equivalent electrical properties of the recording electrodes. Both single-time constant and

an more accurate double-time constant electrode models are considered. The input impedance

of the amplifier when considered in relation to that of the source electrodes has a profound

effect on both the time and frequency domain responses of the amplifier as well as on its

ability to reject common-mode interfering signals. Recommendations are established for the

input impedance needed in the amplifier in terms of the electrode characteristics to meet the

transient response requirements of the IEC 60601 performance specification. The effect of

input impedance on CMRR is also considered.

4.1 Benchmark Single-Pole High-Pass Filter

A single-pole unity-gain high-pass filter is cited in the IEC 60601 specification as a benchmark

circuit for assessing the transient performance of ECG recording amplifiers. A simple schematic

of such a circuit is shown in Fig. 4.1.

The input resistance is denoted as Ri and the coupling capacitor as Cc . The transfer function

of this unity-gain stage can be described in the Laplace domain as:

Vo (s)

Vi (s)
=

sCcRi

1 + sCcRi
=

s

s + 1
CcRi

=
s

s + 1
τc

=
s

s + p
(4.1.1)
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Figure 4.1: Single-Pole High-Pass Filter.

where the pole is located at s = −p = − 1
τc

= − 1
CcRi

.

In order to determine the transient response, the input pulse is modelled as two step functions

of amplitude Vm separated by a duration T as shown in Fig. 4.2. The pulse is described in

the Laplace domain as:

Vi (s) =
Vm

s
− Vm

s
e−sT (4.1.2)

Figure 4.2: Narrow Test Pulse.

Combining this source pulse with the transfer function of the filter, the output voltage is given

as:

Vo (s) =
s

s + p
Vi (s) =

s

s + p

Vm

s

(
1− e−sT

)
(4.1.3)

Which reduces to:

Vo (s) =
Vm

s + p

(
1− e−sT

)
(4.1.4)
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Then taking the inverse Laplace Transform of (4.1.4) we have the output voltage in the time

domain as:

Vo (t) = Vme
−ptu (t)− Vme

−p(t−T )u (t − T ) (4.1.5)

At the end of the pulse, following the falling edge at t = T the output voltage is described

as:

Vo (t = T ) = Vme
−pT − Vm = −Vm

(
1− e−pT

)
(4.1.6)

This is the value of the undershoot below the baseline on the falling edge of the pulse. During

the recovery phase following undershoot with t > T, the output voltage is described as:

Vo (t) = −Vm

(
1− e−pT

)
e−p(t−T ) (4.1.7)

The slope of the profile at t = T at the beginning of the recovery phase following undershoot

is given as:

dVo

dt
|t=T = pVm

(
1− e−pT

)
(4.1.8)

Imposing the undershoot constraint of 100 µV and T = 100 ms on (4.1.6) as given in the

IEC 60601 specification gives:

p ≤ 0.34 (4.1.9)

This gives CcRi ≥ 2.94s so that fc ≤ 0.054 Hz, which shows that a single-pole high-pass

filter with a rounded cut-off frequency of fc = 0.05 Hz is guaranteed to meet the undershoot

requirement. The precise value of the undershoot in this case is 93µV.
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The recovery slope constraint when applied to (4.1.8) requires:

pVm

(
1− e−pT

)
≤ 300× 10−6 (4.1.10)

Using a Newton-Raphson iterative method of solution in Matlab with the values Vm = 3 mV

and T = 100 ms gives:

p ≤ 0.125 (4.1.11)

so that CcRi ≥ 1.025s. This corresponds to a cut-off frequency of fc ≤ 0.155 Hz which is

considerably higher than is required to meet the undershoot constraint. The recovery slope is

measured to be only 28µVs-1 with fc = 0.05.

4.2 DC Coupled Single Time-Constant Skin-Electrode

Model

A simple electrical model of the interface of two contact electrodes in use with a differential

recording amplifier is shown in Fig. 4.3. This model is used in the IEC 60601 specification

when measuring CMRR. It represents the skin-electrode interface, where each electrode is

modelled by a single parallel CP − RP network with a small series resistance RS .

Figure 4.3: Single Time Constant Skin-Electrode-Amplifier Model.
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The electrodes are taken as matched and considered initially as dc coupled to a differential

recording amplifier as shown. The input impedance of the amplifier is taken to be purely

resistive and is designated as Rin, although the effective input impedance may have differential

and common-mode components in practice. The amplifier is otherwise considered ideal. A

source signal of a narrow rectangular pulse Vs is applied from an ideal voltage source to

the electrodes and the signal appearing at the input of the amplifier is designated as Vin.

The resistance RS generally represents electrical contact and lead wire resistance but may

sometimes include some small tissue resistance. It is, however, very small compared with the

other resistances present and can be omitted from analysis.

The transfer function of the skin-electrode-amplifier interface with Rin >> Rs is expressed in

the Laplace domain as:

Vin (s)

Vs (s)
=

(
s + 1

CpRp

)
(
s +

Rin
2

+Rp

Cp
Rin

2
Rp

) =
(s + z)

(s + p)
(4.2.1)

where the value of the pole is given by p =
Rin

2
+Rp

Cp
Rin

2
Rp

and the 1/2 factor is generated by the

presence of two electrodes.

The resulting voltage at the input of the amplifier due to the narrow rectangular input pulse

of Fig. 4.2 can be expressed in the Laplace domain as:

Vin (s) =
Vm

s

(
1− e−sT

) (s + z)

(s + p)
(4.2.2)

This can then be expressed in the time domain as:

Vin (t) =
Vm(

Rin

2
+ Rp

)
 (Rin

2
+ Rpe

−pt) u (t)−(
Rin

2
+ Rpe

−p(t−T )
)
u (t − T )

 (4.2.3)

Imposing the undershoot constraint required by the IEC 60601 standard when t = T at the
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end of the pulse expressed as a fraction of the pulse amplitude gives:

Vin (t = T )

Vm
=

Rp(
Rin

2
+ Rp

) (1− e−pT
)
≤ 0.033 (4.2.4)

Substituting values of T = 100 ms, Rp = 51 kΩ and Cp = 47 nF as given for the model used

in the IEC 60601 standard requires Rin > 2.98 MΩ. This is satisfied using the minimum value

of 10 MΩ recommended in IEC 60601. During the recovery phase, following the undershoot

at the trailing edge of the pulse, the slope of the output voltage at t=T is described by:

dVin (t)

dt
|t=T = Vm

Rp(
Rin

2
+ Rp

)p (1− e−pT
)

(4.2.5)

When the value of the pole p is substituted from (4.2.1) above it is established that to meet

the IEC 60601 maximum recovery slope requirements:

Vm

Cp
Rin

2

(
1− e−pT

)
≤ 3× 10−4 (4.2.6)

which gives Rin > 426 MΩ. These results clearly suggest that if the electrode model suggested

for other measurements in IEC 60601 is used in the transient analysis also, the input impedance

of the amplifier must be greater than 426 MΩ and the value of 10 MΩ recommended in the

specification is much too low. The electrode model given in the IEC 60601 standard has very

low impedance values compared with other models cited in the literature [13–21].

At this stage it was decided to carry out simulations of several electrode models that use a

single time-constant where authors have given component values in the literature [13–21],

in addition to that of the IEC 60601 standard used above. Table 4.1 shows the values of

the components in the parallel network for the selected electrodes as well as the values of

associated time-constant CpRp.

The models given in the Table 4.1 are a selection of electrodes which include gelled wet Ag-

AgCl electrodes and conductive dry types of electrodes. Details of the materials used in the

latter type are given where known. Each of the electrode models was simulated as in the
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circuit of Fig. 4.3 in MultiSim with the 3 mV- 100 ms rectangular pulse defined in Fig. 2.13

as the source signal.

Table 4.1: Model component values for the range of electrodes
used in analysis and simulations

Ref Electrode No. Electrode Type Rp

(kΩ)
Cp

(nF)
CpRp

(ms)

IEC 1 Wet Ag-AgCl 51 47 2.4

[150] 2 Cond. Textile 987 16 15.6

[14] 3 Textile 100 47 4.7

[151] 4 Wet Ag-AgCl 350 25 8.8

[16] 5 Wet Ag-AgCl 650 36 23.4

[17] 6 Wet Ag-AgCl 56 42 2.3

[18] 7 Wet Ag-AgCl 929 20 18.6

[19] 8 Gold-plated 980 14.4 14.1

[20] 9 Cond. Rubber 1400 20 28

[21] 10 Cotton Fabric 4000 7 28

Figure 4.4: Transient Response to the 3 mV- 100 ms Narrow Pulse for the Range of Electrodes.

The amplifier input resistance was maintained at 10 MΩ. The undershoot and recovery slope

values obtained from these simulations are given in Table 4.2 and waveforms of the responses

of each electrode model to the narrow pulse are shown in Fig. 4.4. It can be seen that in

seven cases the undershoot constraint is violated and the recovery slope is exceeded by more
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Table 4.2: Undershoot and Recovery Slope values obtained
for the range of electrodes[13–21] when Rin = 10 MΩ

Electrode No. Rp

(kΩ)
Cp

(nF)
Undershoot

(µV)
Recovery Slope

(µV/s)

1 51 47 30 12710

2 987 16 494 37910

3 100 47 59 12730

4 350 25 196 23970

5 650 36 348 14210

6 56 42 34 14222

7 929 20 470 29798

8 980 14.4 492 41560

9 1400 20 654 29905

10 4000 7 1335 85771

than an order of magnitude in all cases.

Following this a synthesised test ECG signal was used in Matlab [152, 153]. The waveform

has a heart-rate of 120 bpm, a flat isoelectric baseline and omits any negative going excursion

of the signal at the end of the QRS complex, as seen in Fig. 4.5. This allows the degree of

undershoot introduced into the waveforms by the skin-electrode interface to be observed in

its own right.

Figure 4.5: Waveforms of Interface Response to a Synthesized ECG Signal without S-Wave
and Heart Rate of 120 bpm for Electrode Models [13–21].
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Simulations were carried out using the synthesized signal for the same electrode models as

above, dc coupled to an amplifier having an input resistance of 10 MΩ. The undershoot and

recovery slope values were measured at the end of the QRS complex downslope and are given

in Table 4.3. It can be seen from Fig. 4.5 that for all electrode models a pseudo S-wave with

an associated recovery is created following the down-slope of the QRS complex as distortion

introduced into the waveform when the amplifier input resistance is limited to 10 MΩ. Table

4.3 confirms that some of the undershoot introduced and all of the recovery slope values

are outside of the limits allowed. Inspection of the waveforms in Fig. 4.5 also shows that

there is a depression of the S-T segment from the baseline following the QRS complex in

some cases. This has been introduced entirely by the response of the skin-electrode-amplifier

interface.

Table 4.3: Undershoot and Recovery Slope values for the
range of electrodes in response to a synthetic ECG signal

without S-wave, HR = 120 BPM

Electrode No. Rp

(kΩ)
Cp

(nF)
Undershoot

(µV)
Recovery Slope

(µV/s)

1 51 47 1 315

2 987 16 55 9400

3 100 47 5 1210

4 350 25 39 2380

5 650 36 131 3420

6 56 42 1 334

7 929 20 161 6592

8 980 14.4 144 9633

9 1400 20 248 6626

10 4000 7 482 14370

Following this a real recorded ECG signal was obtained from the MIT-PhysioNet database

[154]. This signal has a heart rate of 120 bpm and was used as the source signal to carry out

bench tests of the interface with all of the electrode models. Waveforms showing the ECG

signals obtained at the input of the amplifier are presented in Fig. 4.6. In this case it can be

seen that the negative going S-wave at the end of the QRS complex has been exaggerated
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Figure 4.6: Waveforms of Interface Response to a ECG Signal with S-Wave and Heart Rate
of 120 bpm for Electrode Models [13–21].

at the input of the amplifier. Table 4.4 gives the difference between the magnitude of the

S-wave in the test waveform and that in the amplifier input signal specified as an increased

undershoot for each electrode model. This has been caused by the response of the skin-

electrode-amplifier interface. It can also be observed that the profile of the signal waveform

immediately following the S-wave as it returns to the baseline has been distorted. It has been

prolonged and its slope at the beginning of its recovery phase has been increased. The extent

of this increase in slope is listed in Table 4.4 for all electrode models and is also attributable

to the response of the skin-electrode interface. The distortions introduced into the waveforms

are significant enough to visibly alter the profile of the signals. This could make the difference

in a diagnosis where a feature of the ECG signal is close to a critical assessment limit when

undistorted.

The aim of the above work has been to show conclusively the degree of signal distortion

which takes place at the input of an ECG recording amplifier due to insufficiently high input

resistance. It is clear from the simulations and bench tests carried out that the value of

10 MΩ input impedance recommended in the IEC 60601 standard is far too low, even for

many wet electrodes. The IEC 60601 constraints given in (4.2.4) and (4.2.6) for undershoot

and recovery slope, respectively, can be normalized with respect to the pulse amplitude by

dividing by Vm. They can then be re-written to give constraints on the minimum value of
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Table 4.4: Undershoot and Recovery Slope values for the
range of electrodes in response to a realistic ECG signal

including S-wave, HR = 120 BPM

Electrode No. Rp

(kΩ)
Cp

(nF)
Increased
Undershoot

(µV)

Increased
Recovery Slope

(µV/s)

1 51 47 14 1760

2 987 16 173 15600

3 100 47 25 2380

4 350 25 141 7030

5 650 36 93 11000

6 56 42 27 2530

7 929 20 104 11900

8 980 14.4 110 14900

9 1400 20 138 15100

10 4000 7 335 33000

input resistance Rin. This gives for the undershoot requirement:

Rin > 58.60Rp −
2Rpe

−pT

0.033
(4.2.7)

and for the recovery slope:

Rin >
20

CP

(
1− e−pT

)
(4.2.8)

If, as is necessarily the case, Rin >> Rp, then the value of the pole approaches that of the

zero and can be closely approximated as p = 1/CPRP . Table 4.5 below shows the value of the

exponential term e−pT , which can be seen to be insignificant for all of the electrode models

considered.

In this case (4.2.7) and (4.2.8) above can be simplified and rounded to be used as design

criteria for the amplifier input resistance as:

Rin > 60Rp (4.2.9)
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Table 4.5: Value of the exponential term of (4.2.7)
and (4.2.8) for the range of electrodes considered

Electrode No. Rp

(kΩ)
Cp

(nF)
1/CpRp

(1/s)
e−pT

1 51 47 417 7.6× 10−19

2 987 16 64 1.6× 10−3

3 100 47 213 5.75× 10−10

4 350 25 114 1.08× 10−5

5 650 36 43 1.3× 10−2

6 56 42 426 3.15× 10−19

7 929 20 54 4.51× 10−3

8 980 14.4 71 8.36× 10−3

9 1400 20 36 2.81× 10−2

10 4000 7 36 2.81× 10−2

or

Rin >
20 sec

CP
(4.2.10)

whichever yields the greater value.

This value of resistance Rin given by (4.2.9) and (4.2.10) was then calculated for all of the

electrode models considered in simulations. These values are listed in Table 4.6 for both the

undershoot and the recovery slope requirements. Simulations were then re-run with the same

electrode models dc coupled to the recording amplifier of Fig. 4.3 and driven by the narrow

3 mV – 100 ms pulse of Fig. 2.13 to establish the input resistance required to meet the

IEC 60601 specification. With each given electrode the input resistance was varied and the

minimum value required to meet the IEC 60601 constraints was recorded. This was done for

the undershoot and the recovery slope criteria separately. The results given in Table 4.7 show

that an input resistance considerably greater than 10 MΩ is required in most cases to meet

the undershoot limit and much higher values are required to meet the recovery slope limit,

with values in excess of 2.5 GΩ being obtained. The corresponding values in Table 4.6 and

4.7 prove to be extremely close and verify that the simplified design constraints of (4.2.9)
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Table 4.6: Values of input resistance given by (4.2.7)
and (4.2.8) for the range of electrodes considered

Electrode No. Rp

(kΩ)
Cp

(nF)
Undershoot
Rin (MΩ)

Recovery Slope
Rin (MΩ)

1 51 47 3 426

2 987 16 58 1266

3 100 47 59 426

4 350 25 21 800

5 650 36 38 556

6 56 42 3.3 476

7 929 20 55 1000

8 980 14.4 58 1400

9 1400 20 82 1000

10 4000 7 235 2857

and (4.2.10) can be used to determine a suitable minimum value of input resistance for the

recording amplifier that will ensure the IEC 60601 specification for the transient response to

the narrow pulse of Fig. 4.2 is met. This, however, requires a knowledge of the equivalent

electrical electrode properties.

4.3 AC Coupled Single Time-Constant Skin-Electrode

Model

Much of today’s electrocardiographic equipment is portable and battery operated. With

decreasing supply voltages, the front-end amplifiers of ECG recorders cannot handle large dc

offsets or the polarization voltages generated at the skin-electrode interface. In this case the

electrodes must be ac coupled to the amplifier as shown in Fig. 4.7. This circuit shows

the addition of a coupling capacitor CC at the input terminals of the amplifier compared

with the dc coupled circuit of Fig.4.3 and therefore combines the effects of the skin-electrode

impedance with a high-pass filter response. The transfer function of this ac coupled skin-
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Table 4.7: Values of input resistance determined by simulation
for the range of electrodes to meet IEC 60601

Electrode No. Rp

(kΩ)
Cp

(nF)
Undershoot
Rin (MΩ)

Recovery Slope
Rin (MΩ)

1 51 47 3 426

2 987 16 58 1270

3 100 47 59 426

4 350 25 21 800

5 650 36 38 547

6 56 42 3.1 475

7 929 20 55 1000

8 980 14.4 57 1390

9 1400 20 81 984

10 4000 7 230 2830

electrode-amplifier interface with Rin >> RS is expressed in the Laplace domain as:

Vin (s)

Vs (s)
=

s
(
s + 1

CpRp

)
[
s2 + s

[
Cc

(
Rin

2
+Rp

)
+CpRp

]
CcCpRp

Rin
2

+ 1

CcCpRp
Rin

2

] (4.3.1)

where the 1/2 factor is present because there are two electrodes.

The zero of this transfer function is expressed as:

z1 =
1

CpRp
(4.3.2)

The poles of this transfer function are given as the roots of the denominator quadratic as:

p1, p2 =
−
[
Cc

(
Rin

2
+ Rp

)
+ CpRp

]
±
√[

Cc

(
Rin

2
+ Rp

)
+ CpRp

]2 − 4CcCpRp
Rin

2

2CcCpRp
Rin

2

(4.3.3)

On combining the input pulse described by (4.1.2) with the transfer function of (4.3.1), the
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Figure 4.7: AC Coupled Single C-R Electrode Model.

voltage at the input of the amplifier can be expressed in the time domain as:

Vin (t) = Vm

(p2−p1)
[(z1 − p1) e−p1t − (z1 − p2) e−p2t ] u (t)

− Vm

(p2−p1)

[
(z1 − p1) e−p1(t−T ) − (z1 − p2) e−p2(t−T )

]
u (t − T )

(4.3.4)

At the end of the pulse following the falling edge at t = T this voltage is given as:

Vin (t) = − Vm

(p2 − p1)

[
(z1 − p2)

(
e−p2T − 1

)
− (z1 − p1)

(
e−p1T − 1

)]
(4.3.5)

This is the value of the undershoot from the baseline at the end of the pulse. During the

recovery phase, following the trailing edge of the pulse, the slope of the output voltage at the

beginning of the recovery phase is given at time t = T as:

dVin (t)

dt
|t=T =

Vm

(p2 − p1)

[
(z1 − p2)

(
e−p2T − 1

)
p2 − (z1 − p1)

(
e−p1T − 1

)
p1

]
(4.3.6)

Equations (4.3.5) and (4.3.6) do not yield convenient expressions that allow the undershoot

and recovery slope constraints to be applied to establish design requirements for either the

input resistance Rin or the high-pass cut-off frequency, fC , of the ac coupled amplifier. Con-

sequently, this task was approached in an different manner. Simulations were run in Matlab
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(a) Undershoot

(b) Recovery Slope

Figure 4.8: Curves showing the Undershoot and Recovery Slope Obtained for the AC Coupled
IEC 60601 Electrode Model [3, 22]

for the electrode models considered previously under dc coupled conditions. The value of the

coupling capacitance Cc was varied in steps from 100 pF to 100 µF. For each value of capaci-

tance, the resistance was varied from 1 MΩ to 100 GΩ. This allowed the corresponding values

of the undershoot and the recovery slope present in the signal at the input of the amplifier to

be established over these wide ranges of component values, for each of the electrode models.

Fig. 4.8 provides plots of (a) undershoot and (b) recovery slope obtained in response to the

narrow rectangular pulse of Fig. 1 for the IEC 60601 electrode model [3, 22, 82] which has RP

= 51 kΩ and CP = 47 nF. Note that both vertical and horizontal scales are logarithmic.

A similar set of curves was obtained for each of the other electrode models [13–21]. From the

curves in Fig. 4.8(a), it can be seen that the undershoot tends to level out at lower values

of input resistance Rin and this occurs at a higher resistance for very low values of coupling
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capacitance CC . At low values of coupling capacitance the impedance of CC is the more

dominant in the series combination of an electrode and coupling capacitor and becomes the

deciding factor in determining the undershoot.The recovery slope curves of Fig. 4.8(b) can be

seen to converge asymptotically to a straight line on the logarithmic scale of the plot at very

high values of input resistance Rin. This corresponds to a constant value of product CCRin.

At very high values of Rin the impedance of the electrode becomes negligible compared with

the input resistance and the recovery slope is dominated by the time-constant CCRin.

(a) Undershoot Limit for Different Electrodes

(b) Recovery Slope Limit for Different Electrodes

Figure 4.9: Undershoot and Recovery Slope CCRin Coordinates for the Electrode Models.

On each plot a horizontal line is drawn representing the IEC 60601 specification limit, 100µV

undershoot in Fig. 9(a) and 300µV/s recovery slope in Fig. 4.8(b). This allows the minimum

value of Rin required with each value of Cc in order to meet the IEC 60601 specification to be

determined. The points where each curve crosses the horizontal limit identify the coordinates

of the time constant CCRin which just satisfies the IEC 60601 requirement. A set of these

coordinates was obtained for each electrode. The set of coordinates was then plotted on a
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plane with CC as the vertical axis and Rin as the horizontal axis as shown in Fig. 4.9. These

curves show the loci of the CC − Rin coordinates for (a) undershoot limit and (b) recovery

slope limit for each of the electrode models.

Examining the curves in Fig. 4.9(a) for the undershoot limit, it can be seen that for high

values of coupling capacitor CC , of typically greater than 1µF, the value of input resistance Rin

needed to meet the IEC 60601 performance standard becomes independent of CC . In this case

there is a minimum value of Rin required which is directly aligned with the value of resistance

of the electrode. For very high values of input resistance Rin, in excess of approximately 500

MΩ, the curves for all electrodes merge to a straight line which represents a constant value of

time-constant CCRin that is independent of the properties of the electrodes. The asymptotic

value of this time-constant is very close to 6 s, corresponding to a high-pass cut-off frequency

fC = 0.05 Hz.

Examining the curves in Fig. 4.9(b) for the recovery slope, similar patterns can be found at

very high values of coupling capacitance and input resistance. In this case, however, at high

values of CC > 1µF the limiting conditions are dictated by the capacitance of the electrode,

CP and this is why the curves for the pairs of electrodes having CP = 47 nF and CP = 20

nF almost merge. The minimum input resistance Rin required ranges from 5 MΩ to 2.86 GΩ

in this case. At very high values of Rin the curves again merge asymptotically to a constant

value of CCRin = 2 s which represents a -3 dB cut-off frequency of fC = 0.07 Hz.

Figure 4.10: Response to ECG Signal of 120 bpm for Electrode Models [13–21] when Rin =
3 GΩ and CC = 2.2 nF.

To establish design requirements for the recording amplifier, both sets of curves of Fig. 4.9
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must be considered together. It can be seen that the minimum value of Rin is set by the

recovery slope limit and is taken as the highest value of Rin with CC > 1µF for the right most

curve in Fig. 9(b) as indicated by the vertical dotted line on this curve, which gives Rin =

2.87 GΩ. The curves of Fig. 4.9(a) for the undershoot limit dictate the minimum CCRin time

constant. This is established by projecting the dotted line of Fig. 4.9(b) upwards onto the

asymptotic time constant CCRin = 6 s in Fig. 4.9(a) which, when projected onto the y-axis,

gives the value of CC = 2.1 nF. It is possible to use a higher value of CC for convenience but

this increases the time constant at the input of the recording amplifier and consequently the

initialisation time. Finally, Fig. 4.10 shows the waveforms obtained from bench tests of the

same electrode models when values of Rin = 3 GΩ and CC = 2.2 nF are used at the amplifier

input. All waveforms can be seen to follow the input PhysioNet database ECG signal without

distortion.

When Rin >> RP the poles of the transfer function given by (4.3.1) can be closely approxi-

mated as:

p1 =
1

Cc
Rin

2

; p2 =

(
Rin

2
+ Rp

)
CpRp

Rin

2

(4.3.7)

One of these poles is essentially that of the high-pass response of the ac coupled amplifier while

the other characterizes the electrode-amplifier interface. The undershoot given by (4.3.5) can

be normalized with respect to the pulse amplitude, Vm and, when set equal to the limiting

value of 3.3% of the IEC60601 standard, gives:

1

(p2 − p1)

[
(z1 − p2)

(
e−p2T − 1

)
− (z1 − p1)

(
e−p1T − 1

)]
= 0.033 (4.3.8)

For high values of coupling capacitor, CC , the pole p1 → 0 and p2 is as given in (4.3.7) above

then this becomes:

(z1 − p2)

p2

(
e−p2T − 1

)
= 0.033 (4.3.9)

It can be observed that the pole p2 in the ac coupled circuit of Fig. 4.7 is identical to the pole
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p in the dc coupled circuit of Fig. 4.3 Therefore, for the electrodes considered, the exponential

term is given as in Table 4.4 and it can be taken that e−p2T → 0 so that after manipulation

the limiting value of Rin is given as:

Rin = 60Rp (4.3.10)

This is, in fact, the value which describes the vertical asymptote of the curves for the un-

dershoot in Fig. 4.9(a) with CC very large. The recovery slope defined by (4.3.6) can be

simplified in the same manner to give:

(z1 − p2)

(p2 − p1)

(
e−p2T − 1

)
p2 = 0.1 (4.3.11)

which gives a final limiting value when CC >> CP of:

Rin =
20

CP
(4.3.12)

This defines the vertical asymptote of the curves of Fig. 4.9(b). The asymptotic values of the

curves of Fig. 4.9 can also be found for high values of input resistance Rin. When Rin >> RP

the pole p2 merges with the zero z1 and they cancel each other out. In this case the transfer

function reduces to that of a single-pole high-pass response with the pole p1 = 1/[CC (Rin/2)]

which behaves in the same manner as the circuit of Fig. 2.13. The normalized undershoot

and recovery slope expressed by (4.3.5) and (4.3.6) when these conditions are applied then

become:

Vin (t) =
(z1 − p1)

(z1 − p1)

(
e−p1T − 1

)
(4.3.13)

and

dVin (t)

dt
|t=T = − (z1 − p1)

(p2 − p1)
(z1 − p1)

(
e−p1T − 1

)
p1 (4.3.14)

When the values of the pole p1 and the zero z1 are substituted and the IEC 60601 constraints

81



for undershoot and recovery slope are imposed, the limiting values of the time constant and

the corresponding -3dB cut-off frequency of the equivalent high-pass filter can be determined

as follows. For undershoot:

CcRin = 5.88s (4.3.15)

and for recovery slope:

CcRin = 2.05s (4.3.16)

These constraints correspond to the right-hand constant-slope asymptotes of Figs. 4.9 (a) and

(b), respectively, to which the curves for all electrodes converge. As a means of examining all

constraints simultaneously, the undershoot and recovery slope curves can be superimposed as

shown in Fig. 4.11 for the electrode model which results in the highest demands on amplifier

input resistance [82].

Figure 4.11: Solution Space for the ECG Recording Amplifier Input Impedance

The values of input resistance, Rin, and coupling capacitor, CC , chosen must provide a co-

ordinate which lies above and to the right-hand side of both curves of Fig. 4.11 in order to

satisfy the IEC 60601 performance criteria. In practice there will be some maximum value of

input resistance which can be practically realized in any particular circuit configuration and

some minimum acceptable value for the high-pass cut-off frequency. These have been shown

arbitrarily as dotted lines Rin, MAX = 10GΩ and fC , MIN = 0.01Hz in Fig. 4.11. This then
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creates a solution space indicated by the shaded area in this figure. Clearly, the most desirable

outcome is to work in the lower left-hand region of the shaded area so that the values of both

Rin and CC are minimized. A curious point in this region must therefore be the coordinate at

which the two curves cross each other. This represents a value of Rin and of CC which satisfies

both the undershoot and the recovery slope criteria simultaneously, but that also maintains

the lowest acceptable input resistance and the highest acceptable cut-off frequency in the

amplifier. If (4.3.5) and (4.3.6) are normalized with respect to the pulse amplitude Vm and

made equal to the limiting values of the IEC standard, and if (4.3.5) is multiplied by the pole

p1 so that both equations are matched dimensionally, then a pair of simultaneous equations

is obtained as:

1

(p2 − p1)

[
(z1 − p1)

(
e−p1T − 1

)
p1 − (z1 − p2)

(
e−p2T − 1

)
p1

]
= 0.033p1 (4.3.17)

1

(p2 − p1)

[
(z1 − p2)

(
e−p2T − 1

)
p2 − (z1 − p1)

(
e−p1T − 1

)
p1

]
= 0.1 (4.3.18)

This gives:

(z1 − p2)
(
e−p2T − 1

)
= 0.1− 0.033p1 (4.3.19)

It can be seen from Fig. 4.11 that the curve for the undershoot has essentially reached its

asymptotic value of time constant at the point of cross-over of the two curves. This means

that a time constant corresponding to a high-pass cut-off frequency fC = 0.05 Hz or CCRin

= 6.37 s can be substituted into 4.3.19) to give:

− (z1 − p2) = 0.089 (4.3.20)

When values of the poles and zeros as given by (4.3.7) with p1 = 6.37 s are substituted into
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(4.3.17) this gives:

Rin =
22.47

CP
(4.3.21)

For the electrode represented by the curve in Fig. 4.11 this is a value of input resistance of

Rin = 3.21 GΩ which is a little higher than the asymptotic value of 2.86 GΩ. Table 4.8 gives

the value of Rin required for each of the electrode models as calculated from (4.3.21) as well

as the nearest values of commercially available components.

Table 4.8: Amplifier input resistance as calculated from (4.3.21)
and nearest available values for the range of electrodes

Electrode No. Rp Cp Rin Cc Rin,near Cc,near

(kΩ) (nF) (MΩ) (nF) (MΩ) (nF)

1 51 47 478 13 500 12

2 987 16 1422 4 1500 3.9

3 100 47 478 13 500 12

4 350 25 899 7 1000 8

5 650 36 624 10 660 10

6 56 42 535 12 600 12

7 929 20 1124 5.6 1500 6

8 980 14.4 1560 4 2000 3.9

9 1400 20 1124 5.7 1500 6

10 4000 7 3210 2 4000 2

In order to validate the results of the simulations of the various electrode models, practical

bench tests were carried out. A standard unity-gain 3 op-amp instrumentation amplifier was

constructed using the OPA602BP op-amp from Texas Instruments Inc. This was then used

to implement the circuit of Fig. 4.7 with models of each of the electrodes [3, 13–21] and

the associated minimum value of input resistance as given in Table 4.8, where the nearest

available commercial values of components were used. The input pulse outlined in Fig. 2.13

was generated using a signal generator (Le Croy 2012) and applied to the constructed circuit.

A pulse of 300mV was used because of the high level of noise produced by the signal generator

and the output signal of the amplifier was then attenuated by a factor of 100 to restore the
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relative levels. The signals at the output of amplifier were recorded and stored in a digital

oscilloscope (Keysight DSOX3024A). The values of undershoot and recovery slope were then

established for each model from the recorded signals and are presented in Table 4.9. The

values obtained can all be seen to be within the limits specified by the IEC 60601 standard.

This validates the findings of simulations.

Table 4.9: Undershoot and Recovery Slope values measured for the
range of electrodes in the constructed circuit

Electrode No. Rp

(kΩ)
Cp

(nF)
Undershoot

(µV)
Recovery Slope

(µV/s)

1 51 47 94 270

2 987 16 99 293

3 100 47 94 293

4 350 25 98 275

5 650 36 84 275

6 56 42 78 270

7 929 20 72 225

8 980 14.4 75 240

9 1400 20 70 220

10 4000 7 78 230

4.4 DC Coupled Two Time-Constant Skin Electrode

Amplifier Model

The representative schematic diagram of a differential recording amplifier dc coupled to a signal

source via two electrodes is given in Fig. 4.12. Electrodes are modelled by two parallel C-R

networks combined with series resistors and are considered as matched. The input impedance

of the amplifier, Rin, is treated as purely resistive. The input signal is a narrow pulse, VS ,

obtained from an ideal source to drive the electrodes and the voltage present at the input of the

amplifier is designated Vin. The amplifier is otherwise considered ideal. The series resistances

RS1 and RS2 are universally very small compared with RP1 and RP2 and in particular considered

in relation to the resistance at the amplifier input so that Rin >> (RS1 + RS2).
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Figure 4.12: DC Coupled Electrical Model of Two Time-Constant Skin-Electrode-Amplifier
Interface.

The transfer function of the skin-electrode-amplifier interface is then given as:

Vin (s)

Vs (s)
=

(
s + 1

Cp1Rp1

)(
s + 1

Cp2Rp2

)
(
s +

Rin
2

+Rp1

Cp1Rp1
Rin

2

)(
s +

Rin
2

+Rp2

Cp2Rp2
Rin

2

) =
(s + z1) (s + z2)

(s + p1) (s + p2)
(4.4.1)

where p1, p2, z1 and z2 denote the poles and the zeros of the response as determined by the

relevant time-constants. The voltage present at the input of the amplifier, Vin(s), in response

to the pulse given in Fig. 4.2 can be described in Laplace terms as:

Vin (s) =
Vm

s

(
1− e−sT

) (s + z1) (s + z2)

(s + p1) (s + p2)
(4.4.2)

This voltage is given in the time domain as:

Vin (t) = Vm


(

z1z2

p1p2
− (z1−p1)(z2−p1)

p1(p2−p1)
e−p1t + (z1−p2)(z2−p2)

p2(p2−p1)
e−p2t

)
u (t)−(

z1z2

p1p2
− (z1−p1)(z2−p1)

p1(p2−p1)
e−p1(t−T ) + (z1−p2)(z2−p2)

p2(p2−p1)
e−p2(t−T )

)
u (t − T )


(4.4.3)

The undershoot present on termination of the pulse when t = T is then given as:

Vin (t = T ) =
Vm

(p2 − p1)

[
(z1 − p1) (z2 − p1)

p1

(
e−p1t − 1

)
− (z1 − p2) (z2 − p2)

p2

(
e−p2t − 1

)]
(4.4.4)
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During the recovery phase, following termination of the pulse, the slope of the amplifier input

voltage, Vin, at t = T is given as:

dVin (t)

dt
|t=T =

Vm

(p1 − p2)

[
(z1 − p2) (z2 − p2)

(
e−p2T − 1

)
− (z1 − p1) (z2 − p1)

(
e−p1T − 1

)]
(4.4.5)

A number of double time-constant models of electrodes were found in the literature [104, 133–

135, 155–157] where component values were given by the researchers as listed in Table 4.10.

These models are a selection which include an adhesive electrode, conductive rubber electrodes

and polymer-based electrodes with details as listed in Table 4.10.

Figure 4.13: Rectangular Pulse Response DC Coupled of Two Time-Constant Skin-Electrode-
Amplifier Interface.

In the first instance, these models were used to carry out simulations in Matlab to obtain

the response of the interface structure of Fig. 4.12 to the 3 mV-100 ms pulse while the

input impedance of the amplifier was maintained at the minimum of 10 MΩ recommended

by IEC 60601. The results of simulations are presented in Table 4.11 for both undershoot

and recovery slope. Waveforms of the responses in time are presented in Fig. 4.13. It can be

observed that for seven of the models examined the undershoot limit of 100 µV is violated

and in all cases the recovery slope limit is exceeded considerably, in some instances by more

than an order of magnitude.

Next, a synthetic ECG signal was created in Matlab based on previous work on ECG signal
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Table 4.11: Values of Undershoot & Recovery Slope
for the Electrodes Simulated with Rin =10 MΩ

Electrode
No.

Undershoot
(µV)

Recovery Slope
(µV/sec)

1 587 8816

2 685 14108

3 350 4227

4 764 11812

5 541 6641

6 201 241970

7 28 692

8 104 481

9 37 1817

10 18 1341

Table 4.12: Values of Undershoot & Recovery Slope
Obtained in Response to the Synthetic ECG Signal,

having No S- Wave, at a H.R. of 120 b.p.m.

Electrode
No.

Undershoot
(µV)

Recovery Slope
(µV/sec)

1 218 2267

2 260 162

3 127 4010

4 283 1140

5 198 3115

6 2.9 1779

7 10.4 3019

8 36 2874

9 12.6 3060

10 4.7 3312
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Figure 4.14: Synthetic ECG Wave Response of Two Time-Constant Skin-Electrode-Amplifier
Interface, having No S-Wave and a H.R. of 120 bpm for Electrode Models Listed in Table
4.10

characterisation and synthesis [152, 153]. A test signal at a heart-rate 120 bpm, having a

horizontal isoelectric line and no negative excursion following the QRS complex was synthe-

sized. This allows the undershoot created in the waveforms by the model under investigation

to be readily observed.

Simulations were run using the test ECG signal as the source for the models of Table 4.10,

which were dc coupled to an amplifier resistance of 10 MΩ as before. The values of under-

shoot and recovery slope at the end of the QRS complex downslope are listed in Table 4.12.

Waveforms of the time domain response for each model are shown in Fig. 4.14. Simulations

of all electrode models show the production of a virtual S-wave with an accompanying re-

covery profile in time following the downslope of the QRS complex. This is a direct result of

distortion of the input signal waveform when the input resistance is maintained at 10 MΩ.

The results presented in Table 4.12 indicate that 60% of the undershoot values measured and

100% of recovery slope values infringe the limits of the IEC 60601 performance specification.

Closer examination of the waveforms of Fig. 4.14 shows a depression of the S-T segment

beneath the isoelectric line immediately after the QRS complex in a number of cases. This

has been generated by the skin-electrode-amplifier interface entirely and is attributed to the

insufficiently high resistance of 10 MΩ present at the input of the amplifier, this being much

too low compared with the impedance of the electrodes considered.
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Finally, a set of bench tests were undertaken on a physically constructed circuit in order to es-

tablish the practical performance of the dc coupled amplifier of Fig. 4.12. An instrumentation

amplifier having unity gain was constructed using three OPA602BP operational amplifiers

(Texas Instruments Inc.) having very high input impedance (1013 Ω ||1 pF). A previously

recorded ECG signal containing an S-wave was downloaded from the MIT-PhysioNet online

archive. This signal was installed on an arbitrary signal generator (Le Croy 2012) and the

time-base set to provide a heart rate of 120 bpm. A signal amplitude of 300mV applied differ-

entially as ±150 mV on either side of the amplifier, was used in the bench tests to overcome

the inherent noise created by the signal generator. The output signal of the amplifier was

subsequently attenuated by a scale of 100 to correct the relative levels. All signals provided

by the amplifier were measured using a digital oscilloscope (Keysight DSOX3024A) which

facilitated storage on a memory stick. The physical test ECG signal was applied to the ampli-

fier through circuit-based electrode models using commercially available components having

values as close as possible to those given in Table 4.10. The amplifier input resistance was

fixed at 10 MΩ.

Table 4.13: Values of Undershoot & Recovery Slope
for the Electrodes Simulated with Rin =10 MΩ

Electrode
No.

Undershoot
(µV)

Recovery Slope
(µV/sec)

1 22 40.6

2 78 14.53

3 105 22.30

4 3 20.85

5 28 12.30

6 35 23.73

7 49 2.82

8 2 25.81

9 5 16.57

10 32 2.86

Table 4.13 shows the differences between the magnitudes of the S-wave in the PhysioNet

database waveform applied to the electrode models and those recorded in the signal at the

91



Figure 4.15: Real ECG Wave Response of Two Time-Constant Skin-Electrode-Amplifier In-
terface, having an S-Wave and a H.R. of 120 bpm for Electrode Models Listed in Table
4.10

amplifier input, given as increased values of undershoot in each case. It also lists the increase in

the recovery slope values measured at the input of the amplifier compared to those associated

with the PhysioNet test signal. The waveforms shown in Fig. 4.15 are those of the amplifier

input voltage and allow the degree of alteration of the ECG signal profile that takes place

at the skin-electrode amplifier interface to be seen. The depth of each S-wave has been

exaggerated and the time profile of the signal immediately after the S-wave on its return

to the isoelectric line has been prolonged and its slope at the onset of the recovery phase

increased. The distortion is entirely due to insufficiently high resistance at the input of the

amplifier compared to the impedance of the electrodes used. This resistance needs to be

much greater than the 10 MΩ suggested in the IEC 60601 performance standard when un-

gelled, and even some modern pre-gelled, adhesive electrodes are used in the ECG recording

environment. It is therefore clear that the required input resistance of the amplifier must be

established based on the electrical properties of the electrodes. When the IEC 60601 limit

of 100 µV undershoot is applied to the voltage at the amplifier input given by (4.4.4) and

normalized with respect to the input pulse amplitude, Vm, this gives the constraint:

Vin (t = T )

Vm
=

1

(p2 − p1)

 (z1−p1)(z2−p1)
p1

(e−p1t − 1)−
(z1−p2)(z2−p2)

p2
(e−p2t − 1)

 ≤ 0.033 (4.4.6)
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If the poles and zeros as defined in (4.4.1) are substituted this gives a requirement for the

minimum amplifier input resistance as:

Rin ≥ 60.60
[
Rp1

(
1− e−p1T

)
+ Rp2

(
1− e−p2T

)]
(4.4.7)

When the limit of 300 µVs-1 stipulated for the recovery slope is applied to the derivative of

the voltage at the amplifier input as given by (4.4.5) and normalized with regard to the input

pulse amplitude, Vm, a second constraint is established as:

1

Vm

dVin (t)

dt
|t=T =

1

(p1 − p2)

 (z1 − p2) (z2 − p2)
(
e−p2T − 1

)
−

(z1 − p1) (z2 − p1)
(
e−p1T − 1

)
 ≤ 0.1 (4.4.8)

Table 4.14: Input Resistance Required as Given by (4.4.7) and (4.4.9)

Electrode
No.

Undershoot
Rin(MΩ)|

Recovery Slope
Rin(MΩ)

1 68 254

2 83 418

3 44 129

4 94 326

5 62 187

6 22 8550

7 2.8 23

8 11 15

9 3.8 61

10 1.8 45

If, as is necessarily the case, Rin >> RP1,RP2 so that attenuation of the input signal can be

avoided, then the values of the poles approach those of the zeros and can be closely approx-

imated as p1 ≈ 1/CP1RP1 and p2 ≈ 1/CP2RP2. When the poles and zeros are substituted

into (4.4.8) this gives a second requirement for the minimum input resistance of the amplifier
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as:

Rin ≥ 20


(

1− e
− T

CP1RP1

)
CP1

+

(
1− e

− T
CP2RP2

)
CP2

 (4.4.9)

No universal assumptions can be made regarding the exponential terms so that no approxi-

mating series can be substituted for these. In this case (4.4.7) and (4.4.9) above may be used

to give design criteria for the input resistance, Rin.

The value used is determined by whichever constraint imposes the greater requirement. The

limiting values of resistance Rin given by (4.4.7) and (4.4.9) were established for all electrode

models used in the previous simulations and are listed in Table 4.14 with values for undershoot

and recovery slope shown separately.

Table 4.15: Input Resistance Required as Determined by Simulation

Electrode
No.

Undershoot
Rin(MΩ)

Recovery Slope
Rin(MΩ)

1 67 256

2 81 422

3 43 131

4 91 330

5 60 189

6 21 8160

7 2.8 23

8 10 15

9 3.6 50

10 1.8 45

Simulations were re-run with the narrow pulse defined by (4.1.2) as input for all of the electrode

models of Table 4.10, dc coupled to the recording amplifier of Fig. 4.12. For each model the

minimum value of Rin required to satisfy the IEC 60601 standard was established for both the

undershoot and the recovery slope. The results presented in Table 4.15 indicate that a value of

resistance Rin significantly higher than 10 MΩ is required in almost all instances to satisfy the

undershoot criterion with higher values in excess of 8 GΩ needed to meet the recovery slope
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criterion. The corresponding calculated values in Table 4.14 and simulation derived values

of Table 4.15 are in close agreement and validate the design constraints presented in (4.4.7)

and (4.4.9) as accurate. The use of these constraints requires a knowledge of the component

values of an accurate double time-constant model of the electrodes. This information is not

always available in a clinical environment and may need to be measured using an engineering

approach.

4.5 AC Coupled Double Time-Constant Electrode Model

Figure 4.16: AC Coupling of a Two Time-Constant Electrode Equivalent Circuit

Finally, the electrodes are ac coupled to the amplifier as illustrated in Fig. 4.16. A dc

blocking capacitor, CC , is included at each terminal of the amplifier to give a high-pass

frequency response. The transfer function of the ac coupled skin-electrode-amplifier model

with Rin >> RS1,RS2 is given in the Laplace domain as:

Vin (s)

Vs (s)
=

(s + z1) (s + z2)

(s + p1) (s + p2) (s + p3)
(4.5.1)

This transfer function contains zeros at z1 and z2 given as:

z1 =
1

CP1RP1
, z2 =

1

CP2RP2
(4.5.2)

The poles of the transfer function with Rin >> RS1,RS2 can be approximated as:

p1 =
1

Cc
Rin

2

, p2 =

(
Rin

2
+ RP1

)
CP1RP1

Rin

2

, p3 =

(
Rin

2
+ RP2

)
CP2RP2

Rin

2

(4.5.3)
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On applying the narrow pulse defined by (4.1.2) to the transfer function of (4.5.1), the signal

appearing at the amplifier input is given in the time domain as:

Vin (t) = Vm

 (K1e
−p1t + K2e

−p2t + K3e
−p3t) u (t)−(

K1e
−p1(t−T ) + K2e

−p2(t−T ) + K3e
−p2(t−T )

)
u (t − T )

 (4.5.4)

where the coefficients K1, K2, and K3 are expressed as:

K1 =
(z1 − p3) (z2 − p3)

(p1 − p3) (p2 − p3)
, K2 =

(z1 − p2) (z2 − p2)

(p1 − p2) (p3 − p2)
, K3 =

(z1 − p3) (z2 − p3)

(p1 − p3) (p2 − p3)
(4.5.5)

On the terminating edge of the pulse at t = T, the undershoot from the isoelectric line

is:

Vin (t) = −Vm

[
K1

(
e−p1T − 1

)
+ K2

(
e−p2T − 1

)
+ K3

(
e−p3T − 1

)]
(4.5.6)

At the start of the recovery phase the slope of the input voltage is described at time t = T

as:

dVin (t)

dt
|t=T = −Vm

[
K1p1

(
e−p1T − 1

)
+ K2p2

(
e−p2T − 1

)
+ K3p3

(
e−p3T − 1

)]
(4.5.7)

Equations (4.5.6) and (4.5.7) do not provide expressions for the undershoot and recovery slope

that can be easily manipulated to give symbolic constraints for either the resistance, Rin, or

the low cut-off frequency, fc , of the amplifier. Therefore, constraints must be established by

alternative means as in the case of the previous ac coupled single time-constant electrode

model.

Simulations were carried out in Matlab for the electrode models of Table 4.10 with ac coupling.

The value of the dc blocking capacitor, Cc , was increased in appropriate increments from 0.01

nF to 100 µF. For every value of capacitor, Cc simulated, Rin was incremented from 0.001 GΩ

to 100 GΩ. The associated values of undershoot and recovery slope measured in the signal

at the amplifier input were recorded at each step across the range of component values for

each model. Fig. 4.17 shows plots of (a) undershoot and (b) recovery slope values obtained
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(a) Undershoot

(b) Recovery Slope

Figure 4.17: Undershoot and Recovery Slope Plots for AC Coupling of Electrode No. 6.

for model no. 6 with RP1= 328 kΩ, CP1= 6.4 nF, RP2= 31.3 kΩ and CP2= 3.7 nF. Both

ordinate and abscissa axes in these graphs have log scales. Curves were also acquired for

all other electrode models listed in Table 4.10. From the curves of Fig. 4.17(a), it can

be observed that the undershoot appears to level out at low values of input resistance, Rin.

At low values of dc blocking capacitor, the reactance of CC becomes the dominant part of

the series impedance of the electrode and the dc blocking capacitor combined and is the

determining element of the extent of undershoot. The recovery slope plots of Fig. 4.17(b)

converge to a straight line asymptote on the logarithmic scale at high values of Rin. This
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asymptote represents a constant product of the time-constant CCRin. At very high values of

Rin the impedance of the electrode is small compared with the amplifier input resistance and

the recovery slope becomes determined by the time-constant CCRin.

(a) Undershoot

(b) Recovery Slope

Figure 4.18: Undershoot and Recovery Slope CCRin Coordinates for the Electrode Models.

On each figure a horizontal line represents the IEC 60601 limiting criterion, 100 µV under-

shoot in figure 8(a) and 300 µVs-1 recovery slope in figure 8(b). This enables determination

of the minimum value of Rin required with each value of CC to meet the IEC 60601 perfor-

mance standard. The points of crossover of each curve of the horizontal thresholds gives the

coordinates of CCRin that just meet the IEC 60601 criteria. A set of crossover points was

established for each electrode model. The set of points for a particular model was plotted on

a plane having CC as the ordinate axis and Rin as the abscissa axis as seen in Fig. 4.18. These

plots show the loci of the time constant CCRin coordinates for (a) undershoot limit and (b)

recovery slope limit for each of the models.
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It is evident from the curves of Fig. 4.18(a) for the undershoot limit, that for values of

CC > 1µF, the value of Rin required to satisfy IEC 60601 is independent of CC . There is,

in fact, a minimum value of Rin that is directly associated with the resistive elements of the

model. For higher values of resistance Rin, of greater than 1 GΩ, the plots for all models

converge to a straight line associated with a constant value of CCRin that does not depend

of the properties of the electrodes. This vertical asymptote has a value close to 6 s, and

corresponds to a low -3dB break frequency fC = 0.05 Hz.

Inspecting the plots of Fig. 4.18(b) for the recovery slope, similar trends are seen for higher

values of capacitance and input resistance. However, when CC > 1µF, the values of the

capacitive elements of the electrodes dictate the limiting condition. In this scenario the

resistance Rin required to meet the performance specification ranges from 10 MΩ to slightly

more than 5 GΩ. At higher values of Rin the curves converge to an asymptotic value of CCRin

= 2 s which corresponds to a cut-off frequency of fC = 0.08 Hz.

The plots of Fig. 4.18 must be considered jointly when attempting to establish design con-

straints for the input resistance of the amplifier. The minimum value of Rin is determined

by the recovery slope criterion and is given by the vertical asymptote value of Rin for values

of CC > 1µF. For electrode model no. 6 this is given by the most right-hand graph of Fig.

4.18(b) and is marked as the vertical dashed line on this figure. This has a value of Rin = 8.2

GΩ. The plots of Fig. 4.18(a) for the undershoot criterion determine the limiting value of

time constant, CCRin. This is evaluated by projecting the dashed line of Fig. 4.18(b) upwards

to the corresponding curve in Fig. 4.18(a) for Electrode No. 6 which is then reflected onto

the ordinate axis, to give CC = 753 pF. This procedure can then be repeated for individual

electrode models to give the minimum values of Rin and CC in each case. These values are

listed in Table 4.16 for the range of electrode models considered, with corresponding values

of τ = CCRin and high-pass cut-off frequency fC .

Further analysis was undertaken in an effort to establish circuit design criteria for the ac

coupled configuration of Fig. 4.16. When Rin >> RP1,RP2 the poles of the transfer function

of this configuration are as given in (4.5.3) above. One of these poles is associated with
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Table 4.16: Values of Rin and CC as Determined from
the Curves of Fig. 4.18 for the Range of Electrodes

Electrode
No.

Rin

(MΩ)
Cc

(nF)
τ
(s)

fc
(Hz)

1 255 37.9 9.7 0.033

2 421 18.5 7.8 0.041

3 131 69.8 9.1 0.035

4 329 26.5 8.7 0.036

5 189 45 8.5 0.037

6 8200 0.7 6.1 0.051

7 22.8 294 6.7 0.047

8 1.56 1210 1.9 0.16

9 60.3 104 6.3 0.05

10 44.3 139 6.2 0.051

the ac coupling of the amplifier while the others characterize the skin-electrode interface.

The undershoot voltage described by (4.5.6) when normalized with reference to the pulse

amplitude, Vm, and associated with the limit of 100 µV of the IEC60601 specification gives

the constraint:

[
K1

(
e−p1T − 1

)
+ K2

(
e−p2T − 1

)
+ K3

(
e−p3T − 1

)]
≤ 0.033 (4.5.8)

When the values of K1, K2 and K3 as given by (4.5.5) are substituted, then for sufficiently

high values of CC with p1 → 0 and the constraint becomes:

1

(p3 − p2)

[
(z1 − p2) (z2 − p2)

(
e−p2T − 1

)
p2

−
(z1 − p3) (z2 − p3)

(
e−p3T − 1

)
p3

]
≤ 0.033

(4.5.9)

When the values of the poles p1 and p2 given by (4.5.3) are substituted the limiting value of

Rin is obtained as:

Rin ≥ 60.60
[
Rp1

(
1− e

− T
CP1RP1

)
+ Rp2

(
1− e

− T
CP2RP2

)]
(4.5.10)
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This is effectively the value of the vertical asymptotic line in Fig. 4.18(a) when the value of

CC is very large. The recovery slope defined by (4.5.7) when normalised with regard to Vm and

associated with the limit of 300 µVs-1, with p1 → 0 for large CC gives the constraint:

1

(p3 − p2)

[
(z1 − p3) (z2 − p3)

(
e−p3T − 1

)
− (z1 − p2) (z2 − p2)

(
e−p2T − 1

)]
≤ 0.1

(4.5.11)

If it is assumed that for large values CC >> CP1,CP2 and the values of the poles p1 and p2

given by (4.5.3) are substituted a second limiting value of Rin is obtained as:

Rin ≥ 20


(

1− e
− T

CP1RP1

)
CP1

+

(
1− e

− T
CP2RP2

)
CP2

 (4.5.12)

This, in fact, corresponds to the right hand sloped asymptote of Fig. 4.18(b). The right hand

sloped asymptotes of Fig. 4.18 can also be found for Rin >> RP1,RP2. Under this condition

the poles p2 and p3 merge with the zeros z1 and z2 respectively so that these cancel each other

out. The undershoot and recovery slope expressions of (4.5.6) and (4.5.7) when normalised

then simplify to:

Vin (t)

Vm
= −K1

(
e−p1T − 1

)
(4.5.13)

and

1

Vm

dVin (t)

dt
|t=T = −K1p1

(
e−p1T − 1

)
(4.5.14)

When the performance criteria of IEC 60601 standard are imposed, limiting values of the time

constant CCRin as determined by the undershoot and recovery slope constraints are obtained

as:

Undershoot requirement:

CcRin = 6.37s (4.5.15)
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Recovery slope requirement:

CcRin = 2s (4.5.16)

These values are the right-hand convergence asymptotes of Figs. 4.18 (a) and (b) respectively

and the asymptotic values are the same as those of the single-pole-high-pass-filter.

Figure 4.19: Solution Space for Time Constant CCRin.

The undershoot and the recovery slope curves have been extracted from Figs. 4.18(a) and

4.18(b) for Electrode No. 6 that has the highest asymptotic value of input resistance and

are shown together in Fig. 4.19. The values of Rin and CC used must be associated with

a coordinate located above and to the right-hand side of both plots in Fig. 4.19 in order

to satisfy the IEC 60601 standard. There is a maximum value of resistance that can be

implemented in a practical circuit and a minimum tolerable cut-off frequency, fC . These are

illustrated arbitrarily as dashed lines RinMAX = 50 GΩ and fCMIN = 0.01 Hz in Fig. 4.19. This

essentially generates a solution space within the hatched area of this figure. From a design

point of view, the most desirable outcome is to locate the CCRin coordinate in the lower left-

hand portion of the hatched area so that values of both Rin and CC are a minimum. Therefore

the point at which the two plots cross in Fig. 4.19 is of interest. This corresponds to values of

Rin and CC that satisfy both undershoot and recovery slope criteria simultaneously. If (4.5.6)

and (4.5.7) are normalized with respect to Vm then equated to the limits of IEC 60601, and if

(4.5.6) is multiplied by the pole p1 in order to match the equations dimensionally, this yields
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the simultaneous equations:

[
K1p1

(
1− e−p1T

)
+ K2p1

(
1− e−p2T

)
+ K3p1

(
1− e−p3T

)]
= 0.033p1 (4.5.17)[

K1p1

(
1− e−p1T

)
+ K2p2

(
1− e−p2T

)
+ K3p3

(
1− e−p3T

)]
= −0.1 (4.5.18)

Subtracting (4.5.17) from (4.5.18) with the K coefficients as in (4.5.5) substituted gives:

(z1 − p2)
(
1− e−p2T

)
+ (z2 − p3)

(
1− e−p3T

)
= 0.1− 0.033p1 (4.5.19)

Fig. 4.19 shows that the plot for undershoot has converged to its asymptote prior to cross-

over of the two curves. The value of p1 = 1/CCRin = 0.314s -1 corresponding to fC = 0.05

Hz can be substituted into (4.5.19) to give:

(z1 − p1)
(
1− e−p2T

)
+ (z2 − p3)

(
1− e−p3T

)
= −0.089 (4.5.20)

When the zeros and poles as defined by (4.5.2) and (4.5.3) respectively, with p1 = 0.314s -1,

are substituted into (4.5.20) this gives finally:

Rin = 22.47


(

1− e
− T

CP1RP1

)
CP1

+

(
1− e

− T
CP2RP2

)
CP2

 (4.5.21)

For Electrode Model No. 6 represented by the plots in Fig. 4.19, this is a value of Rin =

9.6 GΩ which is somewhat greater than the asymptotic value of 8.2 GΩ. Table 4.17 lists

the values of Rin and CC for all electrode models as evaluated from (4.5.15) and (4.5.21)

in addition to the closest values that can be made up by combining commercially obtainable

components.

To verify the findings of simulations for all of the electrodes investigated, bench tests were

again undertaken. The same test set-up was used as in the case of dc coupling in the previous

section. The narrow pulse of Fig. 2.13 was used as input signal to the circuit of Fig. 4.16

using the highest values of input resistance, Rin,near = 10 GΩ and CC ,near = 680 pF present

in Table 4.17. The undershoot and recovery slopes were determined for all models from the
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Table 4.17: Values of Rin and CC from (4.5.15) and
(4.5.21) and Nearest Commercially Available Values

Electrode
No.

Rin

(MΩ)
Cc

(nF)
Rin,near

(MΩ)
CC ,near

(nF)

1 285 22 300 24

2 470 14 500 12

3 145 44 200 47

4 366 17 400 20

5 210 30 250 32

6 9600 0.66 10000 0.68

7 25.6 248 30 260

8 17 383 20 380

9 68 94 100 100

10 50 127 50 120

Table 4.18: Undershoot and Recovery Slope Values
Measured for all Electrodes in the Constructed Circuit

Electrode
No.

Undershoot
(µV)

Recovery Slope
(µV/sec)

1 70 27

2 60 15

3 40 21

4 83 26

5 50 31

6 37 27

7 88 25

8 36 42

9 96 30

10 83 25
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Figure 4.20: Bench Measured Pulse Response for AC Coupled Double C-R Electrode Models.

recorded waveforms and are listed in Table 4.18. All of these values lie within the limits

demanded by the IEC 60601 specification. Waveforms of the signal voltages recorded at the

amplifier input are shown in Fig. 4.20 and confirm that there are no violations of the IEC

60601 performance criteria. Waveforms obtained in response to the real PhysioNet ECG signal

for the same values of Rin,near = 10 GΩ and CC ,near = 680 pF for each electrode model are

shown in Fig. 4.21. These waveforms show no identifiable distortion that would interfere in

any way with clinical assessment. This provides practical circuit-based validation of the results

of simulation. Previous research [8, 134] suggests that double time-constant model is much

more accurate and therefore equations (4.5.10) and (4.5.12) will be used to determine the

amplifier input impedance.

Figure 4.21: Bench Test Responses to PhysioNet ECG Signal of 120 bpm of all Electrode
Models with Component Value of Cc = 680 pF and Rin= 10GΩ.
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4.6 The Common-Mode Rejection Ratio (CMRR)

The other major factor which influences the input impedance required in the ECG amplifier

is the ability of the amplifier to suppress common-mode interfering signals in favour of the

wanted differential mode signal. This is shown in Fig. 4.22 for an instrumentation amplifier

having two input signals V1 and V2. Both of these input signals have a differential and

a common-mode component. The common-mode signal is generally unwanted interference

often generated by the mains power supply or mains operated equipment in the vicinity of the

measurement environment. The wanted signal is the differential signal which appears as the

difference between the potentials at each terminal. The common-mode and the differential

mode may have dc and ac components associated with them.

Figure 4.22: CMRR Measurement of Instrumentation Amplifier.

From Fig. 4.22, we have by definition:

Vic =
V1 + V2

2
; Vid = V2 − V1 (4.6.1)

so that:

V2 = Vic +
Vid

2
; V1 = Vic −

Vid

2
(4.6.2)
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In an ideal instrumentation amplifier the common-mode interfering signal would be suppressed

completely and the differential signal would be amplified by the designated gain of the am-

plifier. In practice, however, the common-mode signal is not completely suppressed and

receives some gain in passing through the amplifier so that it contributes to the output signal

present.

The output voltage of the first stage of a instrumentation amplifier can be described as:

Vo = AdVid + AcVic (4.6.3)

where Ad represents the differential gain and Ac denotes the common-mode gain of the

amplifier.

The CMRR is a measure to quantify the ability of the amplifier to suppress the common-mode

interfering signal and is defined as:

CMRR =
Ad

Ac
(4.6.4)

There are a number of factors which influence the overall CMRR attained in a instrumentation

amplifier. Among the most important are: mismatch of source and input impedance at the

input of the amplifier; manufacturing tolerances in gain determining resistors; and the CMRR

of the op-amp used in the instrumentation amplifier. These factors have been well documented

and have been comprehensively analysed in the literature [4, 8]. The first factor is discussed

in this chapter as it directly affects the input impedance required in the ECG amplifier.

4.6.1 Impedance Mismatch

The input stage of the ECG amplifier can be modelled as shown in Fig. 4.23. The source

impedances designated as ZS and ZS are associated with each electrode at an input terminal

of the amplifier. Dry ECG electrodes exhibiting higher impedance will demonstrate signifi-

cant variation from one electrode to another, hence generating a significant mismatch. The

common-mode input impedance between each input terminal of the amplifier and ground is
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Figure 4.23: Equivalent Input Impedance Circuit of an ECG Amplifier.

represented by ZC and ZC . This input impedance can also be slightly different on each side.

The differential input impedance will consist of a fixed impedance between the input terminals

of the amplifier and is designated as ZD . A mismatch in the electrode and common-mode

impedances leads to the applied common-mode input signal being effectively converted into

a differential component at the input to the amplifier. This differential component will sub-

sequently be given the full differential gain in passing through the amplifier and will give rise

to an error in the overall output signal of the ECG amplifier.

The CMRR due to the input impedance mismatch can be defined as the ratio of the magnitudes

of the differential and and common-mode gains [4, 8] so that:

CMRR∆Z =

∣∣∣∣AdZ

AcZ

∣∣∣∣ =
Zc + Zs

2Zs (∆c + ∆s)
(4.6.5)

The common-mode input impedance should be made much higher than the source impedance

in order to prevent unnecessary attenuation of the input signal. Therefore, CMRR∆Z with

Zc ,ZD >> Zs can be closely approximated as:

CMRR∆Z =

∣∣∣∣AdZ

AcZ

∣∣∣∣ =
Zc

2Zs (∆c + ∆s)
(4.6.6)
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and in decibels as:

CMRR∆Z |dB = 20log10
|ZC |
|ZS |

+ 20log10
1

2 (∆C + ∆S)
(4.6.7)

Examining (4.6.7), it is apparent that the ratio of the common-mode impedance to source

impedance must be as high as possible in order to boost the overall CMRR performance of

the amplifier. (4.6.7) can be modified to give the required common-mode impedance in order

to realise a desired CMRR expressed in absolute terms:

Zc = 2 (∆c + ∆s)CMRR∆ZZs (4.6.8)

If the input common-mode impedance is taken as purely resistive and ZD is very high then

the input resistance of the instrumentation amplifier is essentially Rin = 2Rc .

Then a constraint for the required input resistance in terms of the component mismatch at the

input of the amplifier and the desired CMRR∆Z due to this limitation can be given as:

RIN ≥ 4 (∆c + ∆s)CMRR∆ZZs (4.6.9)

4.7 Conclusion

The input impedance requirements of ECG amplifiers have been investigated in the light of

the transient response specification in the IEC 60601 performance standard. Several electrode

models reveal that violations of this standard occur when the minimum input impedance of 10

MΩ recommended in it is used. Signal distortions take the form of S-wave exaggeration and

depression of the S-T segment which could be misinterpreted clinically as signs of myocardial

ischemia or the onset of myocardial infarction.

Simulations carried out on a number of electrode models indicate that an input impedance in

excess of 3 GΩ, with a high-pass cut-off frequency of no greater than 0.05 Hz is necessary

to avoid distortion. The conditions given by (4.3.9), (4.3.11) and (4.3.20) can be rounded
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to allow a safety margin and to give convenient figures to act as constraints to determine

the amplifier input resistance required with any particular electrode. This gives for the single

time-constant electrode model:

Rin ≥
25 sec

CP
or Rin ≥ 60RP (4.7.1)

whichever is the greater, and

CcRin > 6s (4.7.2)

In case of double time-constant electrode model, the constraints are:

Rin ≥ 60
[
Rp1

(
1− e

− T
CP1RP1

)
+ Rp2

(
1− e

− T
CP2RP2

)]
(4.7.3)

or,

Rin ≥ 25


(

1− e
− T

CP1RP1

)
CP1

+

(
1− e

− T
CP2RP2

)
CP2

 (4.7.4)

whichever is the greater, and

Cc >
6s

Rin
(4.7.5)

It is, of course, essential that the designer of the amplifier knows the electrical properties

of the electrode to be used to measure the ECG in order to apply the constraints. These

properties must either be provided by the manufacturer or be measured as outlined in the

relevant literature [104, 133–135, 155–157]. This is essential if distortion of the signal and its

clinical ramifications are to be avoided.

A few points should be noted in closing. Firstly, the above constraints for single time-constant

models have been derived assuming that the undershoot and recovery slope curves of Fig. 4.11
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overlap. The vertical asymptotes of these curves then require that:

Rin ≥
20 sec

CP
or CPRP < 0.33s (4.7.6)

No property of the electrodes has so far been identified that can universally guarantee that

this condition will be satisfied.

Similarly, for double time-constant models, the constraints presented have been derived, having

assumed that the graphs of Fig. 4.19 intersect at a point where the curve for the recovery

slope has reached its asymptote. This requires that the equations are such that (4.5.12) >

(4.5.10) which implies:

20


(

1− e
− T

CP1RP1

)
CP1

+

(
1− e

− T
CP2RP2

)
CP2

 > 60
[
Rp1

(
1− e

− T
CP1RP1

)
+ Rp2

(
1− e

− T
CP1RP1

)]
(4.7.7)

No electrical or physiological characteristics of the electrodes have thus far been identified

that will guarantee that this condition is universally satisfied, but it has consistently proven

to be the case in the dozens of electrodes examined.

The model parameters for the textile based electrodes examined show resistance values ranging

from 260 kΩ to 28 MΩ and capacitance values ranging from 3.5 pF to 10 µF when considered

in isolation. The range of time-constants for paired values of RP and CP spans from 5 ms

to 2.65 s. The resulting skin-electrode contact impedance at the lower end of the ECG

frequency spectrum for the electrodes studied reaches a maximum of 28 MΩ. The textile

based electrodes studied all have varying properties for both single and double time-constant

models. It is these properties that dictate the input impedance required in the recording

amplifier as determined the constraints of equations (4.3.10), (4.3.12), (4.5.10), (4.5.12) and

(4.6.9) Table 4.19 presents the values of the input resistance required in the case of each

electrode of Table 4.1 evaluated by these constraints for both single and double time-constant

models. The values of amplifier input resistance from the electrodes examined in Chapter 3

are also presented in 4.20. Table 4.19 and 4.20 also presents the input resistance required
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Table 4.19: Amplifier Input Impedance Requirements, Rin (MΩ)

Single Time-Constant Double Time-Constant

Elec. No. Undershoot Recovery
Slope

CMRR Undershoot Recovery
Slope

CMRR

1 3 426 673.2 68 254 28063

2 58 1266 13028.4 83 418 30109

3 59 426 1320 44 129 26136

4 21 800 1923.43 94 326 31310

5 38 556 8580 62 187 36432

6 3.3 476 739.2 22 8550 4738.8

7 55 1000 12262.8 3 23 858

8 58 1400 12936 11 15 8712

9 82 1000 18480 4 61 844.8

10 235 2857 52800 2 45 409.2

Table 4.20: Amplifier Input Impedance Requirements from Electrodes
examined in Chapter 3, Rin (MΩ)

Single Time-Constant Double Time-Constant

Elec. No. Undershoot Recovery
Slope

Undershoot Recovery
Slope

CMRR

1 102 147 35 72 22440

2 660 5102 363 1750 145200

3 1680 10869 115 146 369600

4 1380 54 892 5140 303600

5 504 4237 111 118 110880

6 505 2631 378 14700 110880
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to fulfill CMRR requirements as determined by constraints (4.6.9). This is done for a CMRR

requirement of 80dB as outlined in IEC60601 standard. It can be seen that values of Rin as

high as 370GΩ are listed here which are unlikely to be obtainable. However, by including a

driven right leg electrode mechanism the CMRR requirements of the amplifier can be lowered

and this will also be discussed in Chapter 6. Therefore, a second column is shown with values

of Rin required for an amplifier CMRR of 80dB.

Finally, it has been assumed in the analyses that the amplifier input impedance is purely

resistive. This may not always be the case and if a significant amount of capacitance is present

it may affect the transient response and consequently the input impedance requirements.

Moreover, no frequency response, other than ac coupling of the electrode at the input, has

been attributed to the recording amplifier. An internal pole in the amplifier will also influence

the transient response and the preservation of the ECG signal profile.
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5 Design Overview

Previous chapters have examined the performance characteristics of ECG amplifiers intended

for use with dry or un-gelled textile based electrodes in the light of meeting the IEC 60601

standard requirements. In particular input impedance and CMRR demands have been estab-

lished. It has been seen that at face value an input impedance as high as 370GΩ would be

required in order to meet transient response and CMRR specifications with the full range of

electrodes.

This chapter will present a design overview of the ECG recording amplifier and outline a

proposed multi-stage architecture. The nature of the textile electrodes and the elasticated

vest to be used with them is discussed in advance of circuit design proposals. The orginal

target performance specification for the amplifier is given in Table 2.6.

5.1 Elasticated Vest

5.1.1 Choice of Electrode Material and Fitting

The electrodes will form an intrinsic part of the vest so that it can be removed and put

back on at will with the electrodes maintaining the correct positioning on the body. This

will allow the user to remove the vest to take a shower and to put it on again. It must

also be comfortable to allow it to be worn during sleep. Electrical characterisation of the

textile electrodes as discussed in Chapter 3 leads to the conclusion that the self-constructed

silver-woven fabric electrode (Electrode No.2) shows the most promising results in terms of

having lower skin-electrode impedance and noise voltage as shown in Table 3.1. Therefore,
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four of these electrodes were constructed as shown in Fig. 5.1(b).

5.1.2 Nature of the Vest

(a) Nike Pro Vest for men (b) Electrodes stitched on the vest

Figure 5.1: Self constructed round shaped textile-based electrodes mounted the Nike vest.

The proposed vest is to be constructed using a highly elasticated material so that it will be a

snug body-tight fit and correctly shaped to provide sufficient tension to hold the electrodes in

place and give adequate skin contact. This will take a form similar to the body-fit vest worn

by rugby players as manufactured by the Nike or Cambridge sportswear companies. The Nike

Pro Vent vest for men was selected as suitable for investigative prototype purposes, as shown

in Fig. 5.1(a). It was modified to incorporate the fabric-based electrodes as an integral part

of the vest. These were stitched into the vest at the correct positions for obtaining the ECG

lead signals needed for clinical diagnostic and evaluation purposes. Fig. 5.1(b) shows a photo

of the vest with electrodes mounted.

5.1.3 Optimal Placement and Location of Electrodes

Optimal placement of electrodes is essential in minimising motion artefacts and preserving

the amplitude of the ECG signal. The American Heart Association (AHA) recommends that

the wrists and ankle electrodes are moved to the arm and leg with the subject in supine

position. The standard suggests to placing the arm electrodes closer to the shoulders and
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the leg electrodes below the umbilicus [158]. Thackor and Webster in 1985 [159] studied

15 thoracic locations to identify the electrode pairs that would generate the best signal to

noise ratio. The study concluded with the findings that the placement of the upper electrodes

on the sternum produces the lowest movement artefacts. In addition, the highest level of

QRS amplitude occurs for the thoracic equivalent of a lead II configuration. Different studies

were also conducted examining the relative signal strength of closely spaced electrodes [160–

162]. It was shown that both electrode orientation and distance significantly influence the

ECG signal. Takuma et.al [163] used a similar approach where the electrodes were placed

on the anterior acromial region and anterior superior iliac spine to reduce motion artefacts.

The experiment carried out on 30 subjects showed no significant difference in the profiles of

P, QRS complex, ST and T waves between the proposed lead system and standard suppine

electrocardiography.

Figure 5.2: Placement of the electrodes in standard Holter Monitoring System (modified from
[23]).

A study carried out by Drew et al [164] recommends the placement of the right arm (RA)

electrode in the infraclavicular fossa close to the right shoulder, the left arm (LA) electrode

in the infraclavicular fossa close to the left shoulder, and the left leg (LL) electrode below

the rib cage on the left side of the abdomen. The ground or reference electrode (RL) can be

placed anywhere, but it is usually placed on the right side of the abdomen. These positions
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shown in Fig. 5.2 have been used for years in Holter monitor recordings. They were modified

for the elasticated vest by moving the shoulder electrodes inwards slightly to maintain better

skin contact. This can be seen in Fig. 5.2.

In our design, we intend to use a bipolar lead setup approach to record potential difference

between two electrodes. A third electrode at the abdominal equivalent of the right leg position

acting essentially as a ground lead will be connected to an external circuit known as the right-

leg-drive to suppress the common mode interference.

5.2 Previous ECG Amplifiers for Dry ECG Electrode

Recording

The first generation of a low-power ECG amplifier for use with dry electrodes was developed

by Burke [24] in the department of Electronic & Electrical Engineering, Trinity College Dublin.

The portable amplifier powered by a 5V single source supply was designed and tested to record

heart-rate using dry-electrodes. A schematic diagram of the ECG amplifier is shown in Fig.

5.3 . It was used with dry, un-gelled electrodes made of a conductive rubber material in a

tight fitting belt worn around the chest. It must be stressed that all the measurements from

henceforth were performed using battery negative as ground.

Figure 5.3: Schematic Diagram of the preamplfier by Burke [24]
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The amplifier provided a 3 dB bandwidth of 7-30Hz as the signal profile did not need to be

preserved to measure only heart rate. This helped to reduce motion artefact. The rejection

ratio for 50 Hz power line interference was measured at 90 dB at a signal heart-rate of 100

beats/min. The amplifier also incorporated an automatic gain control stage to reduce output

signal variation. The amplifier current consumption was 120µA from a 5V supply giving

a power consumption of 600µW. The input impedance was measured at 18MΩ but pulse

response and noise level were not measured as the current IEC60601 performance standards

were not applicable. Nevertheless, the amplifier provided strong foundation for dry electrode

ECG recording with low power technology.

Burke & Gleeson [20] developed the circuit shown in Fig. 5.4 which used a resistive boot-

strapped amplifier operating from a single supply rail of 3.3V to boost the input impedance

of the amplifier. The input impedance on each side of the amplifier is governed by resistors

R3 and R4 and the feedback provided by R8-R11 in combination with the dc biasing network.

The positive feedback to the bottom of resistors R3 and R4 makes the magnitude of these

resistors appear much higher at the input terminals of the amplifier.

The nominal input impedance at each terminal of the circuit structure can be closely approx-

imated as:

Rin = R3

[
R8 +

R5// (R6//R8)

R8

] [
1 +

R6 + R8

R5

]
(5.2.1)

The main advantage of this architecture is the facility to assign the dc bias using the biasing

resistors R5, R6 and R7. The authors report to have boosted the input impedance to 75MΩ

with standard off-the-shelf ±1% tolerance resistors. However, the boosted impedance value

is far too low to have any clinical use with textile-based electrodes, where a value greater than

10GΩ is needed as determined in Chapter 4. The proposed circuit also does not meet the IEC

60601 transient response requirements [3, 22] which were not in operation at that time.

The common-mode output signal from the first stage of the amplifier is sensed by resistors R12

and R13. This common-mode signal is inverted and amplified by op-amp A6 and then fed back

to the right leg electrode via resistor R21 and capacitor Cs . This arrangement subtracts the
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Figure 5.4: Schematic Diagram of the preamplfier by Burke & Gleeson [20]

sensed common-mode interfering signal from that present at the amplifier input and effectively

increases the overall CMRR by a factor equal to the gain of the inverting amplifier stage

which was set to 30dB. However, implementation of high gain in right leg drive can introduce

instability [165] in the amplifier in the case of low-power op-amps. Considering a source

impedance imbalance of ±33% at the skin-electrode interface with a worst case skin-electrode

impedance Zs=10MΩ yields CMRR∆Z=32dB. Consequently, the overall CMRR performance

of the amplifier is below 65dB even with the addition of the right leg drive. The amplifier

CMRR without the right leg drive circuit was measured at 55dB throughout its bandwidth,

with an skin-electrode impedance of less than 1.5MΩ. The CMRR of the amplifier with the

inclusion of the active right leg drive was measured at 88dB. An input referred peak-to-peak

noise level of 50µV ptp was measured which falls outside the IEC60601 acceptable limit of

30µV ptp.
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Later, Assambo & Burke [8, 25] designed an ultra low-power ECG preamplfier that provides

adequate signal quality in the light of the transient system IEC60601 performance requirements

introduced in 2011 [3] as shown in Fig. 5.6. The main difference between this design and the

Figure 5.5: Improved amplifier front-end implementing input impedance boosting [25]

design of Burke & Gleeson resides in the allocation of the differential gain. The differential

gain in this stage has been placed entirely in the second stage. The first stage of this design

acts as an impedance defining unity gain differential buffer. The use of unity gain buffers

eliminated the errors from the mismatched gain determining resistors used in the previous

version [20, 24] and thereby increased the CMRR.

This bootstrapping mechanism receives positive feedback from op-amps A1 and A2 via resistors

R2A and R2B . The magnitude of the potential drop across resistors R1A and R2B is very small,

making their resistance appear much higher at the amplifier inputs. The authors report to have
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boosted the input impedance to 2 GΩ. However, there are few limitations with this front-end

design solution. The magnitude of the input impedance with a dc blocking capacitance of

0.47 µF yields a time-constant value of 940 s. Therefore, there a large initialisation time delay

before an ECG signal can be recorded. The op-amps (OPA369) used in the first stage have

white noise levels of 290 nV/
√
Hz as quoted by the manufacturer. Noisy op-amps coupled

with unity gain buffers at the front-end of the amplifier produced high levels of noise voltage

at the amplifier output measured at 200µV ptp. The design therefore fails to meet the IEC

60601 input referred peak to peak noise specification and does not satisfy the requirements

for a clinical quality ECG signal. Therefore, it is a more appropriate design strategy to allocate

significant portion of the overall differential gain to the first stage of the amplifier. This will

help to preserve the signal-to-noise ratio from input to output.

5.3 Proposed 4th generation architecture

Figure 5.6: Block Diagram of the proposed ECG Amplifier
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Fig, 5.6 shows a block diagram of the proposed version of the ECG amplifier. The front

end of the preamplfier will have high input impedance obtained by bootstrapping the output

signal back to the input resistors. Bootstrapping of the power supply will also be used to

minimise the effects of the input capacitance of the op-amps. The design of the circuitry

implementing the bootstrapping will be discussed in detail in Chapter 6. Unlike the amplifier

used by Assambo & Burke, this version will see a distribution of gain between the first and

second stages of the amplifier. Boosting the input impedance at the front end stage of the

amplifier is crucial in obtaining high CMRR. The overall CMRR of the pre-amplfier is limited

by the magnitude of the source impedance associated with the dry electrodes previously

characterised. An active right leg drive with a gain of 20dB will be used to provide high

immunity to common-mode interference in the presence of high skin-electrode impedance

[165]. In addition, it is also intended to use 0.1% tolerance resistors to significantly reduce

any errors from gain determining resistors. The CMRR performance of the amplifier will be

discussed in detail in Chapter 7. The final stage provides a differential to single-ended signal

conversion with unity gain.

5.4 Selection of low-power Op-amps

The circuit design is intended to use of ultra-low power op-amps to ensure that the total

current consumption of the pre-amplifier is below 500µA. A summary of the essential electri-

cal characteristics considered in the selection of suitable commercially available op-amps for

implementing a single-supply instrumentation amplifier is presented in Table 5.1. The selec-

tion of op-amps for the proposed design was then dictated by the performance considerations

outlined below.

Input Impedance and CMRR performance

The ability of the amplifier to suppress common-mode interfering signals can be achieved

by selecting op-amps quoting high input impedance and CMRR values in the datasheets.

The proposed amplifier front-end should have large input impedance and open loop gain

characteristics so as to avoid unnecessary signal attenuation and allow the use of high values
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of external resistors at the input. It is noteworthy to mention that the input impedance

requirement at the second stage, which is dc-coupled to the front-end stage, is less stringent.

The low-powered op-amps that have been shortlisted in Table 5.1 have a differential input

impedance of over 1GΩ and common-mode input impedance of over 1000GΩ and thereby

meet the input impedance target requirements. The OPA347 and the MAX 400 series have

got significantly lower CMRR performance values over the OPA379 and LT6003. Therefore,

the ECG amplifier design presented in this thesis uses OPA379 and LT6003.

Gain and Bandwidth (GBW) considerations

The design presented in this thesis is intended to provide a differential mid-band gain of

40dB within the ECG signal bandwidth. The first stage will provide a mid-band gain of

approximately 17dB and the second stage of 23dB. It is important to select op-amps in both

stages of the amplifier that can guarantee sufficiently large gain bandwidth product without

amplitude or phase distortion within the ECG bandwidth. The LT6003 is used for the first

stage since the GBP=2kHz is sufficient to provide a gain of 7.8 over the ECG bandwidth.

The GBW of LT6003 is not sufficient to provide the higher gain needed in the second stage.

Therefore, the OPA379 is chosen here owing to its higher GBW product.

Noise considerations

The MAX409 has considerably higher current noise levels of up-to 150fA/
√
Hz . This high

level of current present at the input terminals of the instrumentation amplifier, coupled with

high values of source resistance and amplifier gain, may produce significant output noise

voltage that would be detrimental to maintaining high signal-to-noise ratio. The MAX406

does not provide any value of current noise in the data-sheet and therefore is not used in

this design. The OPA379 has lower values of current noise and voltage noise over other OPA

series op-amps shown in Table 5.1. Hence, the OPA379 is used in the second and third stages

of the proposed amplifier design.

Capacitive load driving ability

It is crucial that the amplifier has the ability to drive at least 100pF load capacitance without
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becoming unstable. The cables and the leads connecting the electrodes to the amplifier will

produce such values of capacitive load. Therefore, braided screened leads with low capacitance

values (52pF/m) are used in the design. The percentage overshoot for the OPA379 in an

unity gain configuration reaches almost 40% when the driving load capacitance value reaches

100pF. Similarly, the OPA369 in unity gain configuration produces almost 12% overshoot on

driving a load capacitance of 100pF. The LT6003 can handle capacitive loads of up to 500pF

with less than 5% overshoot. Therefore, the LT6003 is used in the front-end stage of the

amplifier design to reduce risk of overshoot or instability.
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6 Design of High Impedance Input

Stage

6.1 Introduction

This chapter examines techniques that have been used over the years to boost the input

impedance of several bio-amplifiers. However, most of these techniques are associated with

high power consumption and the bandwidth over which this impedance can be maintained is

also limited. A novel method using low power op-amps to extend the bandwidth over which

very high amplifier input impedance can be maintained by reducing amplifier input capacitance

via power supply bootstrapping is presented.

The overall input impedance of the amplifier usually has both resistive and capacitive com-

ponents. The resistive component is usually determined by the nature of dc biasing structure

used at amplifier input, particularly when a single rail power supply rail is involved. The ca-

pacitive component is present on account of finite input capacitance of the op-amps used to

implement the front-end stage of the amplifier as well as any extraneous parasitic capacitance

which may be present. The magnitude of the resistive component is ultimately limited by

the dc bias currents at the input of the operational amplifiers. The common-mode input

impedance cannot be boosted by merely increasing the resistor values at the input terminals

of the amplifier. This is mainly due to the fact that even though the amplifier is boosted from

a dc perspective, a bias current in the region of 100s of pico-amps (pA) will introduce a large

offset voltage at the amplifier input. Therefore, the common-mode input impedance has to be
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boosted from an AC point of view while maintaining the target bandwidth of 0.05 - 250 Hz.

In order to keep offsets and dc drift to a minimum, the resistance of the input biasing network

can rarely exceed 100MΩ, which is much lower than the 10GΩ input impedance required as

seen by the signal source. The input capacitance of op-amps has stayed substantially constant

over the past decades and tends to be in the region of 3-10pF, and is due to the capacitance

between the bond pads of the op-amps and their supply rails. This capacitance is relatively

small but, when combined with the high source impedance of un-gelled electrodes, it can

seriously limit the signal bandwidth of a bioelectric amplifier. Both of these effects must be

overcome in order to provide adequate input impedance of the amplifier over the bandwidth

concerned. A basic diagram showing these issues is shown in Fig. 6.1 where Rc is the effective

resistance of the input boosting network.

Figure 6.1: Schematic Diagram showing the issues to boost the op-amp input impedance.

6.2 Impedance Boosting Mechanism

A schematic diagram describing a basic impedance boosting technique is shown in Fig. 6.2.

The amplifier has unity non-inverting gain. A fraction α of the output signal is fed back to

the bottom of the input resistor Ri . The input current ii flowing through the input resistance
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Figure 6.2: Schematic Diagram of Basic Input Impedance Boosting Mechanism.

Ri is given:

ii =
Vi (1− α)

Ri
(6.2.1)

The boosted input impedance is:

Zin =
Vi

ii
=

Ri

(1− α)
(6.2.2)

The value of α should be close to unity in order to achieve a high value of boosted impedance.

The target input impedance can be achieved by making α = 0.99 and Ri = 100MΩ. There-

fore, a boosting ratio of 100:1 is obtained by making a 100MΩ resistor appear as 10GΩ

resistance. This boosted input impedance can be maintained over the signal bandwidth using

capacitance neutralisation and power supply bootstrapping.

The value of α should be chosen carefully as any value greater than unity will result in negative

impedance causing instability and oscillation. Therefore, 0.1% tolerance resistors are used to

ensure the magnitude of the loop gain is less than unity. The electrodes are intended to be

ac-coupled to the inputs of the recording amplifier to negate the effects of large polarisation

potential produced at the skin-electrode interface.
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6.3 Capacitance Neutralisation

Capacitance neutralisation is an old technique used to eliminate the effect of input capacitance

of op-amps as shown in Fig. 6.3. The input voltage of the amplifier as shown in 6.3 is

Figure 6.3: Schematic Diagram of Basic Op-amp Input Capacitance Neutralisation Mecha-
nism.

represented as Vi and the voltage sensed at the output of the amplifier is denoted as Vo . The

input capacitance is modelled as Ci and the feedback capacitance CN is used to reduce the

effect of parasitic capacitance of the op-amp. The gain of the non-inverting amplifier is set

at G. The current ii flowing into the the input impedance can be described as:

ii =
Vi

Ri
+

Vi

1/jωCi

+
Vi − Vo

1/jωCN

(6.3.1)

Substituting Vo = GVi in (6.3.1), the input current ii can be further described as:

ii =
Vi

Ri
+ jωCiVi + jωCN (Vi − GVi) (6.3.2)

Finally, the input impedance Zi as a function of frequency can be expressed as:

Zi = Ri +
1

1 + j ω
ωp

(6.3.3)
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where ωp = 1/[Ci − CN(G − 1)]Ri . The magnitude of op-amp input capacitance, Ci should

equal to the magnitude of CN(G − 1) in order to get ωp →∞.

Therefore, bandwidth can be extended as the neutralising capacitance CN cancels out the

effect of the input capacitance Ci . However, it needs a close match between (G-1)CN and

Ci to be effective in extending the bandwidth. On the other hand if a mismatch in the

capacitance results in (G-1)CN > Ci , then the effective input impedance becomes negative

and the circuit will become unstable. Hence, this method is not feasible in circuits with low

values of Ci due to the difficulty in obtaining commercially available accurate small values of

neutralising capacitance.

6.4 Bootstrapping Techniques

The amplifier input impedance can be significantly increased by reducing the magnitude of

the input current via positive feedback. This can be achieved by using ac or dc feedback

and the technique is popularly known as bootstrapping [26, 28–30]. Some of the popular

bootstrapping techniques that have been used are considered below.

6.4.1 DC Bootstrapped amplifier

Figure 6.4: DC Bootstraped buffers with biasing resistors [26]

Lányi & Pisani [26] presented a high input impedance buffer with a bootstrapped biasing

circuit as shown in Fig. 6.4 and the power supply nodes were also bootstrapped using emitter
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followers. A voltage divider network formed by R1 and R2 is used to avoid instability of

the buffer by maintaining the feedback factor less than unity. The zener diodes D1 and D2

provide the necessary bias voltages for the emitter followers connected to the supply pins of

the op-amp OA. The input impedance of the the amplifier as shown in Fig. 6.4 can be written

as:

Zi =
1 + Aol (s)

Aol (s)

 1

1

R
′
3

+ 1
Aol (s)

(
1
R3

+ 1
Xi

)
 (6.4.1)

where Aol is the open loop gain of the op-amps, Xi is the input reactance and R
′
3 is the

boosted resistance given by:

R
′

3 = R3

(
1 +

R2

R1

)
(6.4.2)

The authors report to have measured an input impedance as high as 350GΩ with this structure

[26]. This ultra high input impedance has been achieved by making R3 � R1,R2. In order

to further improve the performance of the design, a capacitor can be placed in parallel with

R1. This would have created an additional pole that could have increased the high frequency

bootstrapping of R3. Nevertheless, this circuit configuration requires a large supply current to

turn on the emitter followers and the zener diodes at both supply rails of the op-amp. This

does not come as surprise as the supply current of the op-amp used OPA655 in Fig. 6.4 is

29 mA as quoted by the manufacturer. This circuit can not be considered applicable to the

intended low-power aims of this thesis.

6.4.2 Negative Impedance Conversion

Negative Impedance Conversion commonly known as NIC is a popular technique used to boost

the input impedance of an amplifier within the bandwidth of the signal of interest. Parente

et.al [27] boosted the differential input impedance of the amplifier using NIC as shown in Fig.

6.5.

The input impedance of the second stage for a single NIC resistance [27] can be described
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Figure 6.5: AC-Coupled Bootstraped amplfier employing Negative Impedance Conversion [27]

as:

RNIC = −R2R4

2R3
(6.4.3)

Similarly, the differential input resistance at low frequency can be given as:

Rd =
R1

1 + R1

RNIC

(6.4.4)

Therefore, the differential input resistance from (6.4.4) can approach infinity by making

R1R3 = R2R4

2
. However, it is a good practice to keep the value of RNIC less than unity

to avoid instability. The authors report to have boosted the differential input impedance to

500 MΩ. However, the measured common-mode impedance value is as low as 135kΩ which

is far too low for any clinical use with the dry electrodes [86, 87]. Moreover, low values of

common-mode input impedance can distort an ECG signal leading to clinical misrepresentation

as discussed in Chapter 4. There are several other problems associated with this design. The

implemented bootstrapping has been used after the op-amp buffers, where its effectiveness

132



is of no value [166]. A gain value of 201 in a single stage instrumentation amplifier is too

high to handle any realistic skin-electrode offset voltage of 300mV. Therefore, it is sensible

to distribute the gain in two different ac coupled stages of the amplifier. The implemented

bandwidth reported in the paper is from 0.2-36Hz and is not as claimed by the authors [166].

The bandwidth must be extended from 0.05-250Hz to preserve the signal morphology.

6.4.3 Bootstrapped Amplifier with Capacitance Cancellation

Hajime & Ueno [28] used a stray capacitance canceller in conjunction with a bootstrapped

non-inverting amplifier (NIA) as shown in Fig.6.6 to boost the input impedance of an amplifier.

Figure 6.6: Non Inverting Bootstraped amplfier with capacitance canceller [28]

In Fig. 6.6, the capacitance C1 represents the electrode capacitance coupled to the body

surface. The feedback capacitance Cf has been used mainly to cancel the effects of the input

capacitance of the amplifier. The analog front end (AFE) of the non inverting amplifier is

bootstrapped by the combined resistances of R1 and R2. The bootstrapped circuit behaves

differently for dc and ac measurements. The input impedance of the circuit is (R1+R2) dc

wise as the capacitor C2 will block any dc currents flowing from the output node voltage vo .

On the contrary, ac wise, the voltages seen at the two nodes located on both sides of R1 are

identical and equal to voRs/(Rf + Rs) = vi . This is because the voltage drop across C2 is

very small when the frequency is f >> 1/(2C2R2). Consequently, the differential impedance

133



between the nodes appears to be boosted to an extremely high value. The authors report to

have measured input impedance values as high as 6.4GΩ at 10 Hz. However, the magnitude

of impedance drops to about 60MΩ at 250 Hz.

6.4.4 Two electrode bootstrapped amplifier

Dobrev et.al [29] presented a biopotential amplifier that bootstraps the differential input

impedance via positive feedback as demonstrated in Fig. 6.7. The op-amps with ideal gain

blocks have a gain coefficient of -G where G=R2/R1. The resistors R3a and R3b are connected

in a crossover network from the output voltage nodes to the input pins of the differential

amplifier. The differential input seen at each input terminal of the amplifier can then be

expressed as Rd = Vd/2
Id

, where Id=IR1 − IR3 and 1
Rd
= 1

R1
+1−G

R3
.

Figure 6.7: Differential mode input impedance boosting amplifier structure [29]

The differential input resistance can be further simplified as:

Rd =
R1R3

(R1 + R3)− R2
(6.4.5)

The differential input impedance can approach infinity when R1 +R3 = R2. The authors report

to have boosted the differential input impedance to 60 MΩ using op-amps MCP607.
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6.4.5 Two-Wired High Input Impedance Amplifier

Guerrero & Spinelli [30] proposed a two-wired active electrode that produces high amplifier

input impedance using power supply bootstrapping. The circuit shown in Fig. 6.8 reduces the

op-amp parasitic capacitance to 71fF and boosts the input impedance bandwidth to 1kHz.

Figure 6.8: Two wired high input impedance active electrode [30]

The work relies on the subject of two-wire active electrodes for bio-potential measurements

which introduces the method of biasing an active electrode with a current source. The design

included a single diode D1 and a pair of op-amps to cater for the negative power rail of the

op-amp buffer OA1. The AC signal has been superimposed on top of the positive supply

rail of the buffer, OA3. However, a difference amplifier is used to create the negative supply

instead of using another current source. OA3 is used as a buffer to prevent power-line loading

and OA2 serves as a difference amplifier that allows the input signal to be superimposed on a

negative DC voltage, Vref .

By this mechanism power supply bootstrapping is achieved and the input capacitance reduced,

increasing the high impedance bandwidth. However, the power consumption was measured

at 25mW and is one of the main limitations of this design. Therefore, any potential in this

design lies in whether or not it can be adapted for low power applications.
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6.5 Low-power Input Impedance Boosting

6.5.1 Bootstrapping Principle

A bootstrapping circuit with a non-inverting gain as shown in Fig. 6.9 is initially investigated

to boost the amplifier input impedance. The resistors R3 and R4 are included to ensure the

fraction α of the output voltage Vo fedback as voltage VB is less than unity. These resistors

must also be chosen to counteract the gain of stage (1 + R2

R1
).

Figure 6.9: Bootstrapping Input Impedance with DC Gain.

The current ii flowing into the non-inverting amplifier with a gain of (R1+R2)
R1

can be described

as:

ii =
Vi − VB

Ri
(6.5.1)

The input resistance of the amplifier can be expressed as:

Rin =
Vi

ii
=

1

1− VB

Vi

Rc =
1

1− α
Rc = MRc (6.5.2)
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where M is the effective impedance multiplying factor. and,

α =
VB

Vi
=

R3

R3 + R4
× R1 + R2

R1
(6.5.3)

and,

M =
1

1− α
(6.5.4)

The input resistance Rin will approach infinity by making α→1. This is possible when:

R3 + R4

R3
=

R1 + R2

R1
(6.5.5)

If all resistors have a manufacturing tolerance of ∆R then (6.5.3) can be rewritten as:

α =
R3 (1±∆R)

R3 (1±∆R) + R4 (1±∆R)
× R1 (1±∆R) + R2 (1±∆R)

R1 (1±∆R)
(6.5.6)

A worst case condition exists when R2/R1 is high and R3/R4 is also high. Considering:

R1 = R1 (1−∆R) ; R2 = R2 (1 + ∆R) ; R3 = R3 (1 + ∆R)

R4 = R4 (1−∆R) ;
(6.5.7)

which in effect gives the highest value of α as:

αMAX =
R3 (R1 + R2)

R1 (R3 + R4)

(1 + ∆R)

(1−∆R)

1 +
(

R2−R1

R2+R1

)
∆R

1 +
(

R3−R4

R3+R4

)
∆R

 (6.5.8)

The value of α with R2 >> R1 and R4 >> R3 can be approximated by neglecting higher

order terms as:

αMAX ≈
R3 (R1 + R2)

R1 (R3 + R4)
(1 + 4∆R) (6.5.9)
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If the errors in the resistors are reversed for the alternative worst case so that:

R1 = R1 (1 + ∆R) ; R2 = R2 (1−∆R) ; R3 = R3 (1−∆R)

R4 = R4 (1 + ∆R)
(6.5.10)

The value of αMIN using this alternative worst case can be described as:

αMIN =
R3 (R1 + R2)

R1 (R3 + R4)
(1− 4∆R) (6.5.11)

The value of α in (6.5.8) should be less than unity to prevent instability which implies:

α (1± 4∆R) < 1

α < 1
(1±4∆R)

(6.5.12)

Table 6.1: Variation of boosted resistance for a range of ∆R= 0.1% to 1%.

∆R(%) αMAX α (1− 4∆R) α (1 + 4∆R) MMIN MMAX MMAX/MMIN

0.1 0.995 0.991 0.99898 111 980 8.82
0.25 0.99 0.98 0.9999 50 10000 200
0.5 0.98 0.96 0.9996 25 2500 100
0.75 0.97 0.941 0.9991 16.95 1100 64.9
1 0.96 0.922 0.9984 12.82 625 48.75

The variation in the values of α and M for a range of ∆R from 0.1% to 1% are shown in Table

6.1. Examining Table 6.1, it is apparent that the input resistance boosted factor, M ranges

from 50:1 with ∆R = 1% to just under 9:1 when ∆R = 0.1%. It is desirable to keep the

input impedance as closely defined as possible and therefore, it is sensible to chose a value of

α = 0.995 and ∆R = 0.1% for the first stage of the ECG amplifier design. This is feasible as

with surface mount technology 0.1% resistors are not prohibitively expensive nowadays.

The ac gain introduced at the first stage of the amplifier is set to 7.6 as discussed in Chapter

5. Initially, the gain at the first stage of the amplifier was kept to 14.6 but was later lowered

owing to reduction in the input impedance bandwidth coverage. The gain value of 7.6 can be

ensured by selecting R1=1MΩ and R2=3.3MΩ. Substituting values of R1, R2 and α = 0.995

in (6.4.3) gives:
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4.3× R3

R3 + R4
= 0.995 (6.5.13)

Figure 6.10: AC Coupled Single Sided Input Impedance Boosting.

Equation (6.4.13) yields R3=0.3R4. This gives R3=204.7kΩ, with R4=680kΩ. Two resistors

connected in series with values of 200kΩ and 4.7kΩ can be used to account for R3 which

equals to 204.7kΩ.

6.5.2 Single sided AC Coupled Boosting

A single sided ac-coupled input impedance boosting circuit with the introduction of the bias

voltage at the input is shown in Fig. 6.10. This ac-coupled non-inverting amplifier produces
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an ac mid-band gain of 1 + (R2/R1) and the output voltage Vo swings around a bias voltage

of Vcc/2. The potential divider network formed by resistors R3, R4 and R5 counteracts the

gain and gives α=0.995. The capacitor C2 blocks the dc voltage from the potential divider

network and ensures the non-inverting input terminal of op-amp A1 is biased to mid-rail value

via op-amp A2. Capacitor C1 ensures a low cut-off frequency of <0.5Hz.

6.5.3 Capacitance neutralisation using power supply bootstrap-

ping

Power supply bootstrapping has been employed as an important technique to reduce op-amp

input capacitance for decades and help maintain high input impedance over a large signal

bandwidth. The technique is implemented in an op-amp by driving its power supply rails to

ac potential levels equal to the input signal voltage as shown in Fig.6.11.

Figure 6.11: Ideal Power Supply Bootstrapping [30]

Fig. 6.11 shows an idealised circuit for a unity-gain buffer active electrode with power supply

bootstrapping. The power rails of the op-amp OA1 are driven by an ac voltage equal to the

input and are also shifted by the dc bias voltage Vs/2. Therefore, the ac signal voltage applied

across the input impedance is zero and no current flows through it. This is equivalent to an

input impedance of infinite magnitude. Guerrero & Spinelli [30] as shown in Fig.6.11 improved

upon this idea further by proposing two-wire active electrodes for bio-potential measurements

which introduces the method of biasing an active electrode with a current source. However,

there are couple of limitations in this design. The first is the use of unity gain in the first

stage of the bootstrapped amplifier design. The use of unity gain buffers coupled with gain in

140



subsequent stage can produce high levels of noise voltage at the amplifier output and degrade

the signal-to-noise ratio. The authors quote an output noise level voltage of 71µVptp when

measured from 0.1-100Hz for unity gain. The design therefore fails to meet the IEC60601

input referred peak to peak noise specification recommended for a clinical quality ECG signal.

The second drawback of the design is the power consumption which is in the mA range due to

the polarization of the diode D1 and the high quiescent current consumption of the op-amp

OPA2320. Therefore, the potential for adopting this design is the inclusion of gain in the first

stage and the use of for low power op-amps.

A single-sided, ac-coupled bootstrapping amplifier employing a non-inverting gain of 4.3 is

shown in Fig. 6.12. The resistive chains formed by R3-R8 are used to counteract the gain in

the first stage, with the 4.7kΩ resistor giving the appropriate value of α=0.995. The dc nature

of the bootstrapping chains allows nominal dc voltages to be established from the nominal

output dc voltage of the first stage op-amps. This in turn is determined by the inclusion of

the VCC/2 dc bias on the input impedance boosting stage.

The effect of this bootstrapping is to reduce the op-amp input pin capacitance from 3pF by

the M factor of 200 to a value in the region of 15-25fF. The testing and validation of the

capacitance neutralisation will be discussed in Chapter 8.

Initial simulations of the design shown in Fig. 6.12, using the OPA379 by Texas Instruments,

proved unsuccessful due to the modelling of the OPA379 in the Multisim library. There were

issues of the convergence of the DC operating point. This has been mainly due to the fact

that Multisim reports a dc convergence error if no operating point has been found after a

number of iterations. Increasing the error tolerances will finally get the circuit converge to

a dc operating point but will ultimately limit confidence in the results obtained from the

simulations. In short Multisim doesnot simulate effectively with anything other than a dc

voltage source connected to the power-supply rails of the op-amp.

A full schematic diagram combining both the input impedance boosting and the power supply

bootstrapping in a two sided differential structure is shown in Fig. 6.13. The design allows

for the AC input signal to be superimposed on top of the positive and negative supply rails of
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Figure 6.12: AC Coupled Single Side Bootstrapping.

op-amps A1 and A2. Op-amps A3, A4, A6 and A7 are used as buffers to prevent loading effects.

By this mechanism power supply bootstrapping is achieved and input capacitance reduced,

increasing the high impedance bandwidth. Unlike the single-sided gain of the circuit of 4.3

shown in Fig.6.10, the differential gain will now be 7.6. Therefore, the resistor values R3, R4,

R7 and R8 needs to be adjusted accordingly to ensure the value of α remains at 0.995. This

in turn causes R6=R4=100kΩ and R3=R8=2.7kΩ. The chain of resistive divider networks

formed by resistors R3-R8 are used to provide for the power supply voltages of differential

op-amps A1 and A2. These lower resistor values reduce the effect of input capacitance of

the buffers and also limits the level of dc current flowing through the resistive divider chain

to 2µA. In the case of a 3.7V supply, the positive power rail drive superimposes the buffered
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ac signal on top of a dc level of 3.4V. Similarly, the negative power rail drive superimposes

the buffered ac signal on top of dc level of 0.2V. This gives a nominal dc supply voltage of

3.2V to op-amps A1 and A2. The inclusion of 68pF capacitors in this design is to increase

the bootstrapping at higher frequencies where the gain bandwidth of the op-amps falls off.

This design symmetry allows the output voltage of op-amps A1 and A2 to swing around a

dc voltage level of Vcc/2. The construction and testing of the prototype stripboard and a

professional PCB will be discussed in Chapter 8.
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7 Boosting Amplifier Common-Mode

Rejection Ratio

7.1 Introduction

The previous chapter implemented a means of boosting the common-mode input impedance

if the ECG amplifier. This was essentially to meet the transient response requirements of the

IEC60601 performance specification. The high input impedance will also help to provide a

high common-mode rejection ratio (CMRR) but this is not the only factor that determines the

overall CMRR of the amplifier. There are three principal factors that limit the overall CMRR

of the ECG recording amplifier:

• Input impedance mismatch CMRR∆Z

• Resistor tolerances in the amplifier CMRR∆R

• Finite CMRR of the op-amps used for the amplifier design CMRRop

The CMRR due to the input impedance mismatch will be relatively high as the common-mode

input impedance of the amplifier is boosted to at-least 10GΩ within the target bandwidth.

This was discussed in Chapter 4. The CMRRop factor will be high as the op-amp OPA379

used in the design has a guaranteed CMRR performance of 90dB as quoted in the datasheet.

Therefore, it is likely that the resistance tolerance mismatch may dominate the overall amplifier

CMRR performance.

This chapter presents different designs that have been used over the years to boost the CMRR

145



performance of ECG recording amplifiers. However, most of these designs are associated with

high power consumption or limited CMRR bandwidth. Some novel methods that have been

explored to boost the CMRR performance of the recording amplifier using low-power op-amps

are presented.

7.1.1 Effect of Manufacturing Resistor Tolerance on CMRR

Figure 7.1: Schematic Diagram of the Standard Instrumentation Amplifier.

A classical three op-amp instrumentation amplifier configuration as commonly presented in

the literature [4] is shown in Fig. 7.1. Assuming ideal op-amps, the current flowing through

resistors R2A, R1 and R2B can be expressed as:

i =
VO2 − V2

R2A
=

V2 − V1

R1
=

V1 − VO1

R2B
(7.1.1)
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so that the first stage output voltages are given as:

VO2 =

(
1 +

R2A

R1

)
V2 −

R2A

R1
V1 (7.1.2)

VO1 =

(
1 +

R2B

R1

)
V1 −

R2B

R1
V2 (7.1.3)

Resistor mismatch results in a conversion of the common-mode input voltage to a differential

component at the output of the single-ended stage. The worst case mismatch occurs with

the following arrangement of resistor tolerances:

R2A = R2 (1 + ∆R) , R2B = R2 (1−∆R) (7.1.4)

R3A = R3 (1−∆R) , R3B = R3 (1 + ∆R) (7.1.5)

R4A = R4 (1 + ∆R) , R4B = R4 (1−∆R) (7.1.6)

When substituted in (7.1.2) and (7.1.3), the output voltages of the first stage are given

as:

VO2 = Vic +

(
1 + 2

R2 (1 + ∆R)

R1

)
Vid

2
(7.1.7)

VO1 = Vic −
(

1 + 2
R2 (1 + ∆R)

R1

)
Vid

2
(7.1.8)

The output voltage of the second stage of the instrumentation amplifier with mismatches in

the gain determining resistors can be described as:

VO =

[
R3 (1 + ∆R) + R4 (1−∆R)

R3 (1 + ∆R)

] [
R4 (1 + ∆R)

R3 (1−∆R) + R4 (1 + ∆R)

]
VO2 −

[
R4 (1−∆R)

R3 (1 + ∆R)

]
VO1

(7.1.9)

Neglecting the small contribution from the differential input signal to the common-mode

output signal of the first stage, the output voltage from the second stage can be further
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simplified to:

VO =

(
R4

R3

)[
1− 2∆R

(
R4

R3 + R4

)](
1 + 2

R2

R1

)
Vid + 4∆R

(
R4

R3 + R4

)
Vic (7.1.10)

This is the form Vo = AdRVid + AcRVid . Neglecting the small error component 2∆R
R4

R3+R4
in

the differential gain, the CMRR of the instrumentation amplifier due to the resistor tolerances

is then given as:

CMRR∆R
=

AdR

AcR
=

(
1 + 2R2

R1

)(
R4

R3

)
4∆R

(
R4

R3+R4

) (7.1.11)

where AdR is the overall gain which is applied to the differential input signal and AcR is the

overall gain applied to the unwanted common-mode signal. This suggests that the attenuation

factor R4/(R3 + R4) in (7.1.10) should be minimised by considering R4 << R3. Therefore,

the minimum feasible gain should be allocated to the second differential-to-single ended stage

of the ECG amplifier. An appropriate ECG amplifier design strategy is therefore to assign the

required differential gain to the first stage of the amplifier and make the gain of the second

stage to equal to unity.

7.1.2 Finite CMRR of op-amps

The front-end stage of a typical instrumentation amplifier [4, 8] as shown in Fig. 7.2 is

designed to provide high differential gain and maintain unity common-mode gain. However,

the finite CMRRs of the op-amps also create a differential component of the common-mode

input signal at the outputs. The finite CMRRs of the op-amps is modelled by including a

differential signal of Vic/CMRR at the input of each op-amp.

The output voltage of the first stage of the amplifier with ideal resistors can be described
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Figure 7.2: Circuit Diagram of the standard Instrumentation Amplifier modelling the effect of
the finite CMRR in op-amps.

as:

VO2 =

(
1 +

R2

R1

)(
Vic +

Vid

2
± Vic

CMRR1

)
−
(
R2

R1

)(
Vic −

Vid

2
± Vic

CMRR2

)
(7.1.12)

VO1 =

(
1 +

R2

R1

)(
Vic −

Vid

2
± Vic

CMRR2

)
−
(
R2

R1

)(
Vic +

Vid

2
± Vic

CMRR1

)
(7.1.13)

The overall output voltage of the instrumentation amplifier can be expressed after some

algebraic manipulation and taking all CMRR components to be additive as:

VO =

(
R4

R3

)(
1 + 2

R2

R1

)
Vid +

(
R4

R3

){(
1 + 2

R2

R1

)(
1

CMRR1
+

1

CMRR2

)
+

1

CMRR3

}
Vic

(7.1.14)

The overall CMRR of the amplifier due to finite CMRRs in the op-amps from (4.6.25) can be

obtained as:

CMRROP =
Adop

Acop
=

R4

R3

(
1 + 2R2

R1

)
R4

R3

[(
1 + 2R2

R1

)(
1

CMRR1
+ 1

CMRR2

)
+ 1

CMRR3

] (7.1.15)
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so that finally:

CMRROP =
1

1
CMRR1

+ 1
CMRR2

+ 1(
1+2

R2
R1

)
CMRR3

(7.1.16)

This analysis demonstrates that the CMRR of the input stage op-amps are more influential,

while the effect of the CMRR of the second stage op-amp is reduced by a factor equal to the

differential gain of the first stage.

7.2 Literature Review of CMRR Boosting Techniques

Several designs have been put forward in the literature for enhancing the CMRR performance

of the recording amplifier. Some designs have counteracted the source impedance imbalance

by enhancing the amplifier input impedance, others have worked on eliminating errors due to

resistor tolerance mismatch. This section presents a selection of CMRR boosting designs that

have been closely associated with dry ECG recording.

7.2.1 Resistor trimming techniques

The resistor value trimming technique is one of the oldest methods of counteracting the

imbalances caused by mismatched op-amps and resistor tolerance values. Pallas Areny &

Webster [31] reported a CMRR performance value greater than 100dB using an active trim-

ming technique, without needing high precision resistors or op-amps with high CMRR values.

A schematic diagram with a potentiometer R4B2 in the non inverting side of a difference

amplifier is shown in Fig. 7.3.

The value of the resistor potentiometer is adjusted to eliminate the effects of common-mode

interference at the recording amplifier output stage. The CMRR performance can be optimised

by introducing a deliberate mismatch between the resistor ratios R3B

R4B
and R3A

R4A
such that:
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Figure 7.3: Schematic Diagram to show the effect of potentiometer on the common-mode
interference output voltage [8, 31].

R3B

R4B
− R3A

R4A
=

1

CMRRop |ω=0
(7.2.1)

The overall CMRR after considering optimisation of the resistor ratios in (7.2.1) can be

described as:

CMRRoverall =
1

1
CMRRop

− 1
CMRRop |ω=0

(7.2.2)

And (7.2.2) suggests that the overall CMRR at the output stage of the amplifier will go to

infinity when the opamp CMRRop shows zero phase shift in the signal bandwidth. However,

trimming techniques are time consuming and require a lot of resources when implemented

in large scale production. Automation in trimming mechanisms will also increase circuit

complexity, cost and power [118, 167].
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Figure 7.4: Circuit Diagram to show two ac coupled input stage, and an active dc suppression
technique [32] .

7.2.2 An ac coupled front end differential amplifier

Spinelli et.al [32] as shown in 7.4, proposed an active ac coupled front end stage for a bio-

potential amplifier that produces a large CMRR value of 123dB at 50Hz without requiring

grounded resistors. The dc offset voltages produced by the source impedance at the inputs are

blocked by the input coupling capacitor C . This balanced ac coupling network at the input

of the amplifier provides a dc path for the amplifier bias current to flow through subject’s

body to ground via the third electrode, E3. However, all the nodes of the circuit will have

same potential when a common-mode signal is applied at the input terminals of E1 and

E2. Therefore, the overall CMRR of the amplifier is extremely high and independent of the

component tolerances. The integrator network formed by the time constant Ri -Ci around the

feedback loop of the difference amplifier is used to eliminate any active dc offset voltage at

the amplifier output. A second order low-pass filter with a cut-off frequency of 156Hz was

included at the final output stage of the amplifier.

One of the main drawbacks of this approach is the limited application of the technique to two-
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electrode amplifier configurations. There also may be associated high in-band noise when large

values of source impedance values are used. The dc bias current in the region of pA to several

nA for some low-power op-amps, can charge the electrode capacitance producing unwanted

in-band artefacts associated with motion and changes in the skin-electrode interface [8].

Therefore, instrumentation amplifiers based on this technique would be difficult to implement

with dry electrodes, considering the high values of the electrical properties of the electrodes

previously measured.

7.2.3 Two Electrode ECG Amplifier

Dobrev [33] proposed a two electrode low-power instrumentation amplifier capable of produc-

ing a differential gain of 40-60dB and a CMRR greater than 60 dB from 0.05 Hz to 100 Hz

using 1% resistors. A schematic diagram to illustrate the two electrode configuration is shown

in Fig. 7.5.

Figure 7.5: Schematic Diagram of two electrode ECG amplifier [8, 33]

The amplifier lower cut-off frequency is governed by resistor R3 and capacitor C1 and is set

to 0.05Hz. The ac mid-band differential gain is determined by the ratio of R1

R2//R3
as shown in
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(7.2.3).

Ad =

(
1 +

R1

R2//R3

)
2R3C1

1 + 2R3C1
(7.2.3)

The differential gain in (7.2.3) can be approximated as Ad1 =
(

1 + R1

R2

)
with R3 >> R2.

The ac input signal is decoupled using capacitor C1 and resistor R3. The op-amps A1 and

A2 form the gain stage of the amplifier and contribute one-half of the amplified differential

input signals. The half differential signals from each side are converted to a single-ended

signal using op-amp A5 in a difference amplifier configuration. The common mode gain in the

first stage of this design is unity, which is the same as that of the standard instrumentation

amplifier. Considering the tolerances in the gain determining resistors, the magnitude of the

minimum CMRR performance is given as:

CMRRmin = 1.5

(
Ad1

4∆max

)
(7.2.4)

(7.2.4) suggests that the amplifier proposed by Dobrev can improve the CMRR performance

by a factor of 1.5 when compared with the classic three op-amp instrumentation amplifier.

The CMRR performance of the constructed circuit was measured at 66dB for a mid-band

differential gain of 46dB.

This design has a couple of limitations, the first being that it allows a dc bias current to

flow through the subject’s body. A mismatch of bias currents at the two input terminals

of the op-amps can create imbalance in the node voltages of the circuit network when a

common-mode signal is applied. Dry electrodes exhibiting high values of source impedance

will produce greater imbalance in common-mode node voltages and thereby can degrade the

performance of the amplifier. The second drawback is the small reduction of common-mode

interference, at the expense of two additional op-amps at the input and the associated increase

in semiconductor noise.
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Figure 7.6: Circuit Diagram of proposed CMRR boosting mechanism [34]

7.2.4 Common-mode boosting feedback Amplifier

Grennan [34] used a cross coupling mechanism as shown Fig.7.6 in an effort to suppress the

common-mode gain introduced by resistor mismatches in R1A and R1B , R2A and R2B . The

common-mode component present at the input of the amplifier is boosted by a gain of 1 + R4

R3
.

It is then combined with the β feedback network formed by resistors R1A, R1B , R2A and R2B

and then fed back into the negative terminals of the input op-amps A1 and A4.

The cross coupling mechanism is implemented by connecting one side of the β feedback

loop to Vo2 and the other side to Vo1. Therefore, the input will consist of both differential

and common-mode components. The common-mode components that are boosted by the β

feedback loop will be suppressed by the α feedback gain.

However, the overall CMRR of this cross coupling design fails to eliminate error due to resistor

mismatch. Infact, the loss of cross coupling and a single R1 resistor in a three op-amp

instrumentation amplifier appears to have degrading effect. The CMRR was measured at
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75dB with a differential gain of 100. Therefore, this design does not reach the goal of 80dB

required for diagnostic quality of ECG monitoring.

7.3 Alternative novel method to enhance CMRR per-

formance

A novel method as shown in Fig. 7.7 was explored by the author in an attempt to boost the

overall CMRR performance of the ECG amplifier.

Figure 7.7: Circuit Diagram of proposed CMRR boosting mechanism
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Applying Kirchhoff’s Current Law at the inverting terminal of op-amp A1, we have

i1 = i2 + i3 (7.3.1)

(7.3.1) can be further rewritten as:

V02 − V2

R2A
=

V2 − Vf

R6A
+

V2 − V1

R1
(7.3.2)

The output voltage of op-amp A1 after rearranging (7.3.2) is given by:

V02 = V2

(
1 +

R2A

R6A
+

R2A

R1

)
− R2A

R1
V1 −

R2A

R6A
Vf (7.3.3)

Similarly, the output voltage of op-amp A2 can be described as:

V01 = V1

(
1 +

R2B

R6B
+

R2B

R1

)
− R2B

R1
V2 −

R2B

R6B
Vf (7.3.4)

Considering no resistor tolerances with R2A=R2B=R2 and R6A=R6B=R6, the output voltages

of op-amps A1 and A2 can be expressed as:

V02 = V2

(
1 +

R2

R6
+

R2

R1

)
− R2

R1
V1 −

R2

R6
Vf (7.3.5)

V01 = V1

(
1 +

R2

R6
+

R2

R1

)
− R2

R1
V2 −

R2

R6
Vf (7.3.6)

The voltage at node Vf with zero resistor tolerance such that R5B=R5A=R5, can be described

as:

Vf =
(V02 + V01)

2
(7.3.7)

The common-mode output voltage of the amplifier can be described as Vo1+Vo2

2
= V1+V2

2
= Vic .

This result suggests that the common-mode output voltage of this design configuration is not

157



attenuated and is equal to the input common-mode voltage. Therefore, this design setup is

not useful in reducing the common-mode interference. This is because of the use of unity

gain in amplifier A3. The differential output voltage is given as:

Void =

(
1 +

R2

R6
+ 2

R2

R1

)
Vid (7.3.8)

where Void is the differential output voltage and Vid is the differential input voltage of the

amplifier. Therefore, the CMRR of the amplifier can be described as:

CMRR = Ad

Ac
=
(

1 + R2

R6
+ 2R2

R1

)
(7.3.9)

which is simply the differential gain.

The circuit shown in Fig.7.7 is modified to include a gain stage in the common-mode feed-

back. This is shown in Fig. 7.8. Considering no resistor tolerances with R2A=R2B=R2 and

R6A=R6B=R6, the output voltages of op-amps A1 and A2 can be expressed as:

V02 = V2

(
1 +

R2

R6
+

R2

R1

)
− R2

R1
V1 −

R2

R6

(
1 +

R8

R7

)
(Vo1 + Vo2) (7.3.10)

V01 = V1

(
1 +

R2

R6
+

R2

R1

)
− R2

R1
V2 −

R2

R6

(
1 +

R8

R7

)
(Vo1 + Vo2) (7.3.11)

The differential output signal remains the same is described in (7.3.8). The common-mode

output voltage Voic using (7.3.9) and (7.3.10) can be described as:

Voic = Vic

(
1 + R2

R6

)
[

1 + R2

R6

(
1 + R8

R7

)] (7.3.12)

(7.3.11) suggests that the gain of the differential stage to the common-mode input voltage

is reduced by including the gain in the feedback path. However, a mismatch in the R6 resis-

tors will produce a common-mode to differential signal conversion and will subsequently get

the gain of the differential stage to counteract the improvement obtained with the feedback
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Figure 7.8: Common-mode feedback with gain stage

and degrade the CMRR. The circuit shown in Fig. 7.8 is simulated for Monte Carlo CMRR

analysis due to the resistor tolerance mismatch in Multisim. The Monte Carlo simulation

shown in Fig. 7.9 suggests that the worst case CMRR is 65dB for 0.1% resistors tolerance

mismatch and is 60dB with 1% resistor tolerance errors. This verifies that the CMRR perfor-

mance of the amplifier is further degraded when compared with the standard instrumentation

amplifier.
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(a) CMRR due 0.1% resistor tolerance mismatch

(b) CMRR due 1% resistor tolerance mismatch

Figure 7.9: Monte Carlo simulation for the degradation of the CMRR performance due to
errors in resistor tolerance mismatch

7.4 Analysis of CMRR due to resistor tolerances in a

Multistage amplifier setup

A schematic diagram shown in Fig. 7.10 is used to analyse the effects of resistor tolerance

mismatch in the CMRR performance of our proposed ECG multistage amplifier.

For the highest degree of mismatch the errors in the resistors are chosen in a way such that the

gain is made highest in one channel and lowest in the other. Then, the worst case mismatch

occurs with the following resistor errors:
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Figure 7.10: CMRR analysis of our proposed Multistage ECG Amplifier

R2A = R2 (1 + ∆2A) ;R4A = R4 (1 + ∆4A) ;R5A = R5 (1−∆5A)

R6A = R6 (1 + ∆6A) ;R2B = R2 (1−∆2B) ;R4B = R4 (1−∆4B)

R5B = R5 (1 + ∆5B) ;R6B = R6 (1−∆6B)

(7.4.1)

The output voltages of the first stage when differential and common-mode input voltages are

included are given as:

V01A = Vic +
Vid

2

[
1 + 2

R2

R1
(1 + ∆2A)

]
(7.4.2)

V01B = Vic −
Vid

2

[
1 + 2

R2

R1
(1−∆2B)

]
(7.4.3)

Then the output differential Void and common-mode Voic components of the first stage can
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be established as:

V01d = VO1A − VO1B = Vid

[
1 + 2

R2

R1

(
1 +

∆2A −∆2B

2

)]
(7.4.4)

V01c =
VO1A + VO1B

2
= Vic +

R2

R1
(∆2A + ∆2B)Vid (7.4.5)

It can be seen that the common mode signal at the input Vic gets unity gain and the errors in

the resistors do not alter this. There is however a component of conversion of the differential

input signal Vid to a common-mode signal in the first stage as well as a small error in the

gain given to the differential signal which depends on the different values of ∆. It can also

be seen that the common-mode input signal receives only unity gain in both stages and there

is no conversion of the common-mode signal to a differential component.

A similar approach to analysis of the second stage gives:

V02A =

[
1 +

R4

R3
(1 + ∆4A)

]
V01A −

R4

R3
(1 + ∆4A)V01B (7.4.6)

V02B =

[
1 +

R4

R3
(1−∆4B)

]
V01B −

R4

R3
(1−∆4B)V01A (7.4.7)

Substituting the values of V01A and V01B into (7.4.6) and (7.4.7):

V02A = Vic + Vid

2

[
1 + R4

R3
(1 + ∆4A) + 2R2

R1
(1 + ∆2A) + 2R4R2

R3R1
(1 + ∆4A) (1 + ∆2A)

]
+Vid

2

[
R4

R3
(1 + ∆4A) + 2R4R2

R3R1
(1 + ∆4A) (1−∆2B)

]
(7.4.8)
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V02B = Vic − Vid

2

[
1 + R4

R3
(1−∆4B) + 2R2

R1
(1−∆2B) + 2R4R2

R3R1
(1−∆4B) (1−∆2B)

]
−Vid

2

[
R4

R3
(1−∆4B) + 2R4R2

R3R1
(1−∆4B) (1 + ∆2A)

]
(7.4.9)

Neglecting the second order ∆ terms in (7.4.8) and (7.4.9), the second stage output voltages

can be simplified as:

V02A = Vic +
Vid

2

[(
1 + 2

R4

R3

)(
1 + 2

R2

R1

)]
+

Vid

2

 2R4

R3

(
1 + 2R2

R1

)
∆4A

+2R2

R1

(
1 + R4

R3

)
∆2A − 2R4R2

R3R1
∆2B


(7.4.10)

V02B = Vic −
Vid

2

[(
1 + 2

R4

R3

)(
1 + 2

R2

R1

)]
+

Vid

2

 2R4

R3

(
1 + 2R2

R1

)
∆4B

+2R2

R1

(
1 + R4

R3

)
∆2B − 2R4R2

R3R1
∆2A


(7.4.11)

The common mode signal with ∆2A=∆2B=∆2 and ∆4A=∆4B=∆4 can then be established

at the output of the second stages as:

V02c = Vic + Vid

[
R4

R3

(
1 + 2

R2

R1

)
∆4 +

R2

R1
∆2

]
(7.4.12)

This again shows that the input common-mode signal obtains unity gain while there is also

a component due to the conversion of the differential input signal into a common-mode

output component. This converted component is maximum when the magnitude of the ∆s

are considered equal. It should also be stressed that there is no conversion of common-mode

signal to a differential component.

The errors will have maximum effect on the output differential signal when the magnitude of

the errors on each side are most mismatched. Therefore, the differential output voltage with

∆2A=∆2, ∆2B=0 and ∆4A=∆4, ∆4B=0 can be expressed as:
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V02d = Vid

[(
1 + 2

R4

R3

)(
1 + 2

R2

R1

)]
+ Vid

[
R4

R3

(
1 + 2

R2

R1

)
∆4 +

R2

R1

(
1 + 2

R4

R3

)
∆2

]
(7.4.13)

The degree of mismatch between the errors in the resistor values determines the extent of the

error component of the input differential signal that appears in both differential and common

mode signals at the output of the second stage. The common input signal receives only unity

gain in both stages and there is no conversion of this signal into a differential component. In

the third and final stage, all the components of the signals at the output of the second stage

will be converted into a single-ended output. Consequently, at the output of the final stage

all components will be present due to either the input differential signal or the input common

mode signal and can be grouped accordingly when determining the CMRR from Ad and Ac

overall.

The output voltage at the third stage can be described with worst-case resistor tolerance

imbalance between channels as:

V03 =
R6

R5

[(
1− R6 − R5

R6 + R5
2∆

)
V02A

]
− R6

R5
[(1− 2∆)V02B ] (7.4.14)

Substituting the values of V02A and V02B in (7.4.14), the third stage output voltage can be

rewritten as:

V03 =
R6

R5


[
Vid

(
1 + 2R4

R3

)(
1 + 2R2

R1

)]
+ 4Vic

R5

R5+R6
∆

−Vid

[
1 + R4

R3
+ R2

R1
+
(

1 + 2R4

R3

)(
1 + 2R2

R1

)(
R6−R5

R6+R5

)]
∆

 (7.4.15)

The overall output of the 3-stage amplifier is of the form:

Vo = AdVid + AcVic (7.4.16)
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where,

Ac = 4
R6

R5

(
R5

R5 + R6

)
∆

and

Ad =
R6

R5


[(

1 + 2R4

R3

)(
1 + 2R2

R1

)]
+
[

1 + R4

R3
+ R2

R1
+
(

1 + 2R4

R3

)(
1 + 2R2

R1

)(
R6−R5

R6+R5

)]
∆


Therefore, the CMRR can be described as:

CMRR =

{
Ad1Ad2 +

[
1 + R4

R3
+ R2

R1
+ Ad1Ad2

(
R6−R5

R6+R5

)]
∆
}

4
(

R5

R6+R5

)
∆

(7.4.17)

where Ad1 = 1 + 2R2

R1
, Ad2 = 1 + 2R4

R3
.

If the ∆ factor in the numerator of (7.4.17) is considered as a small error in the differential

gain of only a few percent, then this would have only a fractional effect on the CMRR of the

order of less than 1dB. In this case the CMRR can be approximated as:

CMRR =
Ad1Ad2

4
(

1
1+Ad3

)
∆

(7.4.18)

The CMRR given in (7.4.18) can be further expressed in dB as:

CMRR(dB) = 20log10Ad + 20log10

1

∆
− 20log102 (7.4.19)

The variation in CMRR values for different values of ∆ and a differential gain of 41dB is

shown in 7.1 using (7.4.19).

Table 7.1: Variation of CMRR performance for different values of∆, Ad=41dB

∆% 1 0.5 0.25 0.1

CMRR (dB) 75 81 87 95
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(a) CMRR due 1% resistor tolerance mismatch

(b) CMRR due 0.1% resistor tolerance mismatch

Figure 7.11: Monte Carlo simulation for a multistage amplifier to assess the CMRR perfor-
mance due to errors in resistor tolerance mismatch

The results presented in Table 7.1 suggests the use of resistor tolerance of 0.1% to guarantee

a CMRR value of greater than 90dB. The 0.1% resistors are already used in the first stage and

it is a simple matter to extend this to the second and third stages as only another six resistors

are needed with this low tolerance. The circuit shown in Fig. 7.10 is simulated in Multisim to

assess the CMRR performance due to the mismatch in resistor tolerance errors. The Monte

Carlo Analysis using Multisim for a multistage amplifier is shown in Fig. 7.11. Examining

Fig. 7.11 suggest that the worst case CMRR for a multistage amplifier due to 1% tolerance

resistor is 80dB and is about 100dB for a resistor tolerance error of 0.1%. Therefore, the

simulation results validate the theoretical findings. The 5dB difference could be attributed to
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not running Monte Carlo long enough.

7.5 Finite CMRR in a Multistage Amplifier

The effect on CMRR performance due to finite op-amp CMRR limitation in a multistage

amplifier configuration is illustrated in Fig. 7.12. Taking the resistors as ideal on both A and

B sides of the amplifier but treating CMRRA and CMRRB values as separate gives:

Figure 7.12: Finite op-amp CMRR analysis of our proposed Multistage ECG Amplifier

V01A = Vic +

(
1 + 2

R2

R1

)
Vid

2
±
(

1 +
R2

R1

)
Vic

CMRR1A
∓ R2

R1

Vic

CMRR1B
(7.5.1)

V01B = Vic −
(

1 + 2
R2

R1

)
Vid

2
±
(

1 +
R2

R1

)
Vic

CMRR1B
∓ R2

R1

Vic

CMRR1A
(7.5.2)

For the second stage we have:

V02A = V01A ±
Vic

CMRR2A
+

R4

R3
(V01A − V01B)± R4

R3

(
Vic

CMRR2A
− Vic

CMRR2B

)
(7.5.3)
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V02B = V01B ±
Vic

CMRR2B
− R4

R3
(V01A − V01B)± R4

R3

(
Vic

CMRR2B
− Vic

CMRR2A

)
(7.5.4)

For the third stage with matched resistors:

V0 =

[
R6

R5
(V02A − V02B)± Vic

CMRR3

]
(7.5.5)

where,

V02A − V02B =

(
1 + 2

R4

R3

)
(V01A − V01B)± Vic

CMRR2A
∓ Vic

CMRR2B
± 2

R4

R3

[
Vic

CMRR2A
− Vic

CMRR2B

]
(7.5.6)

If CMRR2B = −CMRR2A, then the worst case maximum output will occur from the CMRR

terms. These can then be taken as CMRR2 implying the CMRR of the op-amps used in the

second stage. In this case:

V02A − V02B =

(
1 + 2

R4

R3

)[
(V01A − V01B)± 2

Vic

CMRR2

]
(7.5.7)

Similarly, CMRR values for the worst case mismatch using (7.5.1) and (7.5.2) gives:

V01A − V01B =

(
1 + 2

R2

R1

)[(
Vid ±

Vic

CMRR1

)
± 2

Vic

CMRR2

]
(7.5.8)

Substituting (7.5.6) in (7.5.5) gives:

Vo =
R6

R5

{(
1 + 2

R4

R3

)[
(V01A − V01B)± 2

Vic

CMRR2

]
± Vic

CMRR3

}
(7.5.9)

Substituting (7.5.7) in (7.5.5) gives:

Vo =
R6

R5

{(
1 + 2

R4

R3

)[(
1 + 2

R2

R1

)(
Vid ± 2

Vic

CMRR1

)
± 2

Vic

CMRR2

]
± Vic

CMRR3

}
(7.5.10)

If Ad1=1 + 2R2

R1
, Ad1=1 + 2R4

R3
and Ad3=1 + 2R6

R5
, then the output voltage in the third stage
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can be described as:

Vo = Ad3

{
Ad2

[
Ad1

(
Vid ± 2

Vic

CMRR1

)
± 2

Vic

CMRR2

]
± Vic

CMRR3

}
(7.5.11)

This third stage output voltage Vo can be expressed in terms of differential and common-mode

components of the input Vid and Vic as:

Vo = Ad3Ad2Ad1Vid ± 2Ad3Ad2Ad1
Vic

CMRR1
± 2Ad2Ad3

Vic

CMRR1
± Ad3

Vic

CMRR1
(7.5.12)

This can be further rewritten as:

Vo = AdVid ±
[

2Ad

CMRR1
± 2Ad

Ad1CMRR2
± Ad

Ad1Ad2CMRR3

]
Vic (7.5.13)

If the output due to the CMRR factors are all combined and taken as positive, then (7.4.13)

becomes:

Vo = AdVid + Ad

[
2

CMRR1
+

2

Ad1CMRR2
+

1

Ad1Ad2CMRR3

]
Vic (7.5.14)

where,

Ac = Ad

[
2

CMRR1
+

2

Ad1CMRR2
+

1

Ad1Ad2CMRR3

]
Then the overall CMRR of the amplifier due to finite op-amp CMRR’s is given as:

1

CMRRop
=

1
1
2
CMRR1

+
1

1
2
Ad1CMRR2

+
1

Ad1Ad2CMRR3
(7.5.15)

This will depend on the distribution of the overall gain Ad between the three stages and the

CMRR of the op-amps used in each stage which need not to be identical. Considering the

typical op-amp CMRR values of LT6003 and OPA379 as 100dB, the overall CMRR of the

amplifier due to finite op-amp CMRR is calculated using (7.5.15) to be 93dB.
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7.6 Active Right Leg Drive

The right leg driven (RLD) circuit is one of the most commonly used techniques to elimi-

nate common-mode interference signals from the wanted signal in ECG recording [165]. The

common-mode signal is first sensed and then fed-back to the subject’s body via a third elec-

trode after inversion and amplification as illustrated in Fig. 7.13(b). The input common-mode

voltage present with the active right-leg-drive incorporated into the amplifier is represented

as VicRLD . The output common-mode voltages at both sides of the first stage of the amplifier

are amplified by the inverting op-amp structure having a gain of Af so that the output voltage

of this op-amp is designated as −AfVicRLD .

(a) No Right Leg Drive (b) Right Leg Drive Included

Figure 7.13: Schematic diagram to illustrate the benefit of active right leg drive circuit.

Considering the circuit shown in Fig. 7.13(a), the common mode input voltage can be given

by:

Vic =
ZE

ZE + ZM
Vs (7.6.1)

The component Vic appears on the body due to the mains source of interference Vs through

the impedance of the coupling medium ZM . The modified common-mode voltage with the

RLD present as shown in Fig. 7.13(b) can be described as:

VicRLD =

ZE

ZE+ZM
Vs[

1 + Af
ZM

ZM+ZE

] =
Vic[

1 + Af
ZM

ZM+ZE

] (7.6.2)
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This clearly shows that the inclusion of the right-leg-drive mechanism reduces the common-

mode signal and at the input of the amplifier by the magnitude of the gain of the right-leg-drive

feedback loop Af . Then, the CMRR of the RLD network can be given by:

CMRRRLD =
Ad

Ac
Af

ZM

ZM + ZE
(7.6.3)

where CMRRRLD is the modified CMRR of the amplifier and the complete closed loop system

with RLD. Normally if ZM»ZE , then CMRRRLD →Af CMRR .

A schematic diagram as shown in Fig. 7.14 is used to illustrate the second and third stages

of the pre-amplifier design. The common-mode signal from the output of the first stage is

sensed by resistors R5A and R5B . This common-mode signal is first inverted and ac coupled

to A4 using C2 and then fed-back to the right leg using C3 and skin-electrode impedance

ZE . This structure reduces the sensed common-mode interfering signal at the amplifier input

and effectively increases the CMRR by a factor equal to the gain of the inverting amplifier

stage which is set to 20dB by making R5A=R5B=1MΩ and R6=10MΩ. The gain of the

right leg drive mechanism is set to 20dB to ensure the CMRR requirement of 80dB is met as

outlined in the IEC60601 standard, even with high values of skin-electrode impedance. This

was discussed in Chapter 4.

Figure 7.14: Schematic diagram of the 2nd and 3rd stage of the pre-amplifier design

The gain of the second stage is set to 14.6. This is implemented by making R2A=R2B=6.8MΩ
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and R1=1MΩ. The third stage provides a differential to single-ended conversion with unity

gain. A high value of source impedance will limit the CMRR performance and the input

impedance mismatch CMRR∆Z will dominate the overall CMRR of the amplifier. Considering

a source impedance of 10MΩ, the boosted input impedance of 10GΩ, the input impedance

mismatch CMRR∆Z is calculated using (4.6.7) as 63dB. Therefore, the overall CMRR of the

recording amplifier with the finite op-amp CMRR as CMRR∆OP=87dB for a single op-amp

and the CMRR due to 0.1% resistor tolerance mismatch as CMRR∆R=95dB can be obtained

as:

1

CMRR
=

1

CMRR ∆Z
+

1

CMRR∆R
+

1

CMRROP
(7.6.4)

Substituting the values of CMRR∆Z , CMRR∆R and CMRR∆OP in (7.6.4), the overall CMRR

of the pre-amplifier is calculated to be 62dB. The variation of the CMRR and the skin-

electrode impedance with frequency is presented in Table 7.2. The results presented in Table

7.2 consider the worst case single-time and the double-time electrode models as discussed

in Chapter 4. It can be seen that the skin-electrode impedance for a single-time CR model

drops to about 676kΩ at 50Hz from 10MΩ at dc. For the double-time CR model, the highest

value of resistance and the lowest value of capacitance is considered for CMRR and impedance

analysis. The corresponding CMRR for both single C-R and double C-R is then well over 80dB

at 50Hz and meets the IEC60601 specification. In addition, the RLD with a gain of 20dB is

included in the design to guarantee the CMRR target requirements of 80dB as outlined in the

IEC60601 specification.
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8 Construction and Testing of Pro-

totype ECG Amplifiers

8.1 Introduction

This chapter outlines the construction and testing of a low-power low-noise, battery-operated

amplifier to be used with dry electrodes. The schematic diagram of the complete multistage

amplifier is shown in Fig. 8.1. The recording amplifier is driven by a single-rail supply

consisting of a lithium-thionyl chloride battery (AA battery, RS Pro Inc.) with a nominal

voltage of 3.7V. The battery life can be increased by minimising the supply current of the

op-amps used in the circuit. The amplifier uses thirteen op-amps in total as shown in Fig.

8.1. These op-amps draw a total quiescent current of 31.5µA and therefore consume a total

power of 125µW, which is well below the maximum target value of 1mW specified in Table

2.6. Current limiting resistors Rp of 100kΩ are placed in series with the dc blocking capacitors

Cc at the input terminals of the amplifier to limit the continuous flow of dc current through

the patient’s body in the event of a fault. The performance requirements related to transient

response, noise considerations, input impedance boosting, common-mode signal reduction

strategies have been discussed in previous chapters. This chapter will present comprehensive

bench tests to assess these performance parameters of two prototype recording amplifiers.

The design was first implemented on a stripboard and subsequently on professional PCB. The

bench tests results from measurements on both boards are presented together and contrasted

in this chapter. Due to the Covid-19 pandemic worldwide and nationally, only two subjects
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could be included in the practical in-vivo tests. Applications to the School ethics committee

to include more subjects in studies were rejected. Actual in-vivo ECG recordings on two male

subjects using dry and wet electrodes are presented.

8.2 Differential Signal Generator

A prototype circuit as shown in Fig. 8.2 was constructed on stripboard to generate a differential

signal having a dc voltage bias of Vcc/2. A dual op-amp OPA379 operating from a single

supply voltage of 3.7V is used to generate a differential signal. This test circuit is used

to measure the amplifier performance parameters such as: CMRR, input impedance and

frequency response. The op-amp A1 forms the unity gain buffer to generate the positive half

of the differential signal Vcc/2 + Vid/2. Similarly, the unity gain inverting op-amp formed by

A2 is used to generate the negative half of the differential signal Vcc/2 − Vid/2. The 3.3µF

capacitor serves to ac couple the source and block any dc offset in it.

Figure 8.2: Differential signal generator circuit.

8.3 Layout of the Amplifier Prototype

8.3.1 Stripboard Layout

The circuit shown in Fig. 8.1 was built and tested on a stripboard. A photo illustrating a

finished strip-board is shown in Fig. 8.3. It should be pointed out that the differential signal

generator circuit shown above is included on the strip-board. It is noteworthy to mention that
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Figure 8.3: Stripboard prototype Layout.

all the resistors used in this design are of 1% tolerance. Initially on strip-board, it was decided

to have the amplifier built with OPA379 op-amps. However, instabilities were experienced

at the output of the first stage owing to lower capacitive load drive ability of OPA379. The

LT6003 can handle capacitive loads of up to 500pF and was finally used in the first stage

of the amplifier design. The reduction of gain bandwidth product (GBW) from 90kHz in

OPA379 to 2kHz in LT6003 compelled us to lower the gain in the first stage of the amplifier.

Consequently, the first stage gain was dropped from 14.6 down to 7.6 and the 6.8MΩ resistors

in this stage were changed to 3.3MΩ.

8.3.2 PCB Layout

The PCB design did not include the signal generator test circuit shown in Fig. 8.2. This

test circuit was built separately when testing with the PCB. This was intended to mimic an

actual ECG recording scenario and was also intended to reflect the effects of cable capacitance

on amplifier performance. A photo of the PCB prototype board with the track layout and

its corresponding placement of the surface mounted components are shown in Fig. 8.4(a)
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(a) Layout (b) Finished Look of the PCB

Figure 8.4: Professional PCB prototype Layout.

and 8.4(b) respectively. Multiple test points on this board denoted as ’LSP’ are used to give

probe points and allow intermediate access. All the surface mounted resistors are of 0.1%

tolerance, except for the gain determining resistors of 3.3MΩ and 6.8MΩ which are of 0.5%

tolerance.

There are three different switches that are incorporated in the PCB design:

• One miniaturised single pole double throw slide switch (SPDT) from CK Inc. is used to

power the amplifier on and off. This switch on/off mechanism is demonstrated in Fig.

8.5. A 100Ω resistor R1 is connected across a capacitor C1 of 68pF in the switch off

position to allow fast discharge of the polarised charges and ground the supply rail via

the resistor.

Figure 8.5: Circuit diagram illustrating battery switch on/off mechanism.
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Figure 8.6: Circuit diagram illustrating usuage of DPDT and SPDT switches in the amplifier
design.

Another SPDT switch from the same manufacturer as shown in Fig.8.6 is used to

activate/deactivate the right-leg drive circuit (RLD) by connecting the third electrode

either to ground or to the output of op-amp A4.

• One miniaturised double pole double throw switch (CAS220TA, DPDT) is used in the

design to isolate the first stage from the second as demonstrated in Fig. 8.6. This is

implemented mainly to troubleshoot the design and to allow intermediate access to the

second stage of the amplifier.

• One double pole single throw (DPST) push button tactile on/off switch is used to

mitigate against the large power up time of the recording amplifier. This switch allows

a fast charge up or initialisation by connecting a smaller resistor R2 of 100kΩ across the

100MΩ resistor at the inputs of the amplifier. This is shown in Fig. 8.7.

The PCB layout was completed using EAGLE 9.6.2 Student version. The board design in

EAGLE is a two-step process. First the schematic as shown in Fig. 8.1 was drawn and

then the layout board based on that schematic was generated. The relevant libraries of the

components used in the schematic were imported from Ultra Librarian website to ensure a

correct footprint was used in the layout. An auto routing feature in EAGLE was used coupled

with optimal component placement to ensure the tool is able to route it 91% automatically.
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Figure 8.7: Schematic diagram describing usuage of push button DPST switches at the
amplifier inputs.

The rest of the routing was completed manually.

There were several problems that were encountered during this prototype debug. A 100MΩ

resistor Rc was mistakenly substituted with a 100kΩ resistor in the first stage of the amplifier.

This resulted in an incorrect behaviour of the differential and common-mode gains. The

mistake was swiftly identified by isolating the first stage from the second and third stage with

the help of the DPDT switch. The library defining the footprinted power supply pins for the

two single sided bootstrap op-amps didn’t match the actual data-sheet. This problem was

also identified when the amplifier didn’t operate correctly. It was corrected by manual rewiring

on the board. The DSPDT access switch wiring also had to be modified.

8.4 Worst Case Electrode Models

The worst-case equivalent single C-R and double C-R electrode models obtained from Elec-

trode No. 2 as discussed in Chapter 3 are shown in Fig. 8.8. The self-constructed silven

woven textile-based electrodes have been used for the final in-vivo ECG recordings. The elec-

trical properties of these models needed highest values of input resistance Rin to meet the
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IEC60601 transient requirements. This is discussed in Chapter 3 and Chapter 4. These worst

case electrode models are then considered as the internal impedance of the signal source to

the ECG amplifier as shown in Fig. 8.1. The performance of the amplifier with these worst

case electrode models is outlined in the following sections.

(a) Worst-case single C-R skin-electrode model

(b) Worst-case double C-R skin-electrode model

Figure 8.8: Circuit equivalent of worst-case skin-electrode models.

8.5 Frequency Response

Table 8.1: -3dB bandwidth from differential gain measurements

Stripboard PCB

Lower cut-off
Frequency

(Hz)

Upper cut-off
Frequency

(Hz)

Lower cut-off
Frequency

(Hz)

Upper cut-off
Frequency

(Hz)

Amplifier 0.03 450 0.02 450

Single C-R Model 0.04 400 0.03 450

Double C-R Model 0.03 450 0.03 450

A differential signal having an amplitude of 5mVptp is applied between both inputs of the

recording amplifier as shown in Fig. 8.1. The magnitude of the frequency response at different

spot frequencies is shown in Fig. 8.9. The bench measurements that were undertaken on
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(a) Magnitude response on stripboard

(b) [Magnitude response on PCB

Figure 8.9: Magnitude Response at different spot frequencies.

the prototype strip-board are contrasted with those made on professional PCB in Fig. 8.9(b).

Examining Fig. 8.9(a) and (b), it is evident that there is hardly any noticeable difference

in the magnitude response between the strip-board and that of the PCB within the target

ECG bandwidth. It must be stressed here that the strip-board was built and tested with

1% tolerance through hole resistors, whereas the PCB was built with 0.1% tolerance surface

mount resistors. The graphs in Fig. 8.9 suggest that the recording amplifier when considered

with worst case electrode models maintains a minimum differential gain of about 40dB within

the ECG bandwidth. The variation in the magnitude of the frequency response is kept within

±0.5dB (6 %) of the mid-band gain down to a low cut-off frequency of 0.1 Hz and a high cut-

off of 30Hz. Therefore, the measurements from the practical bench test meets the frequency

response design requirements as indicated in Table 2.6. The upper and lower 3dB cut-off

frequencies presented for the amplifier and for the electrode models are given in Table 8.1 and

meet the frequency response requirements as outlined in Table 2.6.
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8.6 Input Impedance Measurement

The circuit was tested for input impedance over a wide range of frequency values. Ideally, input

impedance is measured by simultaneously measuring AC current through the input impedance

and also measuring the AC voltage drop across it to calculate input impedance as a function of

frequency. However, measuring current values in the region of pico-amps was not feasible with

the equipment available and therefore an alternative measurement method was undertaken.

By placing a known value of source impedance ZE in series with the input impedance Rin

between the source and the input to the amplifier, the attenuation relative to the source as a

function of frequency can be measured using a signal analyser. A diagram outlining the test

set-up is shown in Fig. 8.10. The transfer function of the circuit shown in Fig. 8.10 can be

Figure 8.10: Input attenuation measurement setup.

described in the Laplace domain as:

Vout (s)

Vin (s)
=

Rin

Rin + ZE + 1
sCc

(8.6.1)

The magnitude of the input resistance as a function of frequency from (8.6.1) can be further

expressed as:

Rin = |ZE |
Vout

(Vout − Vin)

√1 +

(
1

ωCc |ZE |

)2
 (8.6.2)
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A differential input signal of 20mVptp is injected between the input terminals of the op-

amps A1 and A2 as shown in Fig. 8.1. A typical attenuation level of 0.01mV accuracy as

shown in Fig.8.11 is measured with the help of battery operated 16 bit resolution oscilloscope,

Picoscope. The precise measurement values recorded from both channels of the oscilloscope

can be clearly seen by zooming on to Fig. 8.11 of the electronic version of this thesis. The

variation of the voltage drop at different frequencies seen at the input terminals of the amplifier

is presented in Table 8.2 and Table 8.3. The practical bench results on the prototype strip-

board are presented in Table 8.2. Similarly, the measurement results on the professional PCB

are given in Table 8.3. The measured values of the input resistance using (8.6.1) are also

listed in these Tables. The results in Table 8.2 show that the common-mode input resistance

at each amplifier input irrespective of the presence of any electrode models as indicated in Fig.

8.8 is boosted to at-least 10GΩ from 0.1Hz - 250Hz. The mid-band boosted input impedance

was measured at 20GΩ and is in agreement with the design and analysis of Chapter 6. It

is possible to further lower the cut-off frequency down to 0.05Hz but that would require a

higher value of ac-gain feedback network capacitor greater than 10µF. This would ultimately

increase the time-constant associated with power up and initialisation of the amplifier. The

boosted mid-band input resistance of 10GΩ in the PCB as shown in Table 8.3 is maintained

in the frequency bandwidth of 0.1Hz-150Hz. The drop of upper cut-off frequency from 250Hz

down to 150Hz is mainly attributed to the cables used to couple the differential signal test

circuit to the amplifier input as discussed in section 8.3.

In an effort to validate further the magnitude of the boosted impedance value, the input

source signal shown in Fig. 8.1 is fed with a 3mV-100ms rectangular pulse for the two worst

case electrode models as outlined in Fig. 8.8. The output of the amplifier A11 as shown in

Fig. 8.1 was then attenuated by a factor of 110 to restore it to a relative input level. The

waveforms obtained from the responses of each of these worst-case electrode models on the

PCB are shown in Fig. 8.12.

The undershoot and recovery slope values obtained from these bench tests are presented

in Table 8.4 for the two different boards and electrode models. The results suggest that

the undershoot and the recovery slope values meet the IEC 60601 transient performance
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(a) Output voltage attenuation of op-amp A1, Channel A oscilloscope

(b) Output voltage attenuation of op-amp A2, Channel B oscilloscope

Figure 8.11: Output voltage attenuation measured at the input of bootstrap op-amps A1 and
A2 in response to an input differential voltage amplitude of 20mVptp at 10Hz.

Table 8.4: Undershoot and Recovery Slope Values for the worst case Electrode Models in
Response to 3mV-100ms Rectangular Pulse

Board Type Performance parameters Single C-R model Double C-R model

Strip-board
Undershoot (µV) 10 5

Recovery Slope (µV/sec) 173 123

PCB
Undershoot (µV) 14 8

Recovery Slope (µV/sec) 216 169
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Figure 8.12: Transient Response to the 3 mV- 100 ms Narrow Pulse for two worst case
electrode models.

specification of 100µV and 300µV/sec respectively.

8.7 CMRR Measurement

Figure 8.13: Schematic diagram of Right Leg Drive (RLD) measurement circuitry.

The CMRR performance of the ECG recording amplifier as shown in Fig.8.1 as a function of

frequency is presented in Table 8.5. The use of the active right-leg drive (RLD) mechanism as

shown in 8.13 on two worst case electrode models boosts the CMRR performance of the pre-

amplfier as indicated in Table 8.5. The common-mode input voltage Vic without the inclusion
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of the RLD is Vic/2. The reduction of this common-mode voltage with the inclusion of RLD

from Vic/2 to a lower value is measured to determine the gain of the RLD. It can be seen that

the CMRR values without the right leg drive are as low as 60dB at lower frequencies. This

is mainly attributed to the source input and impedance mismatch, as discussed in Chapter 7.

The CMRR values shown in Table 8.5 are in line with the calculated CMRR values due to

this mismatch indicated in Table 7.2. It must be stressed here that the CMRR performance

specification as outlined in Table 2.3 only applies at a mains frequency of 50Hz. The CMRR

attains an approximate minimum value of 80dB when the two worse-case skin-electrode models

are considered. The CMRR with the inclusion of the RLD is over 100dB when the worst-case

double C-R model is considered. It has been established in the literature [8, 134, 135] that

the double C-R model is a more accurate representation of the skin-electrode impedance.

Therefore, the proposed amplifier design meets the CMRR performance specification for both

ambulatory and clinical ECG requirements as outlined by the IEC and ANSI. It should be also

pointed here that the measured CMRR values from the strip-board and the PCB are in close

agreement, even though the strip-board uses 1% tolerance resistors and the PCB is built with

0.1% tolerance resistors. Therefore, it reinforces the findings that the the input impedance

mismatch is the dominant factor in determining the overall amplifier CMRR performance as

opposed to mismatch in gain determining resistors or finite CMRR values of the op-amps used

in the design.

8.8 Noise Measurements

The semiconductor noise at the output of the amplifier is measured by grounding the input

terminals, Vin1 and Vin2 of the recording amplifier through source impedances. This noise

measurement has been carried out inside a Faraday cage coupled with a battery operated

amplifier to ensure an extremely low level of 50Hz pick-up. This guaranteed that the measured

noise levels at the amplifier output were a true representation of the semiconductor noise.

The peak-to-peak input-referred noise produced with the electrode models outlined in Fig.

8.8 is presented in Table 8.6 and Table 8.7. Examining these Tables, it is evident that the
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input referred peak-to-peak noise levels in a 250Hz bandwidth is slightly outside the 30µVptp

IEC60601 noise specification limit. It must be re-iterated that most of the noise measurements

in the literature are conducted in a bandwidth of 100Hz [8, 25, 30] and without considering

a source impedance value as high as 10MΩ. The input referred peak-to-peak noise values

obtained from the strip-board are in close agreement with the measured values from the PCB.

Fig. 8.14 presents the recording amplifier peak-to-peak noise output voltage when the two

electrode models are used in a 250Hz bandwidth.

Table 8.6: Peak to peak input referred noise of prototype strip-board

Frequency
(Hz)

Amplifier only
(µVptp)

Single C-R Model
(µVptp)

Double C-R Model
(µVptp)

250 32.7 38 36.7

150 17.2 23 19

100 2.3 18.5 10.6

Table 8.7: Peak to peak input referred noise of PCB

Frequency
(Hz)

Amplifier only
(µVptp)

Single C-R Model
(µVptp)

Double C-R Model
(µVptp)

250 31.8 35 34.6

150 21 18 21.2

100 14.7 15.4 8.8

8.9 ECG Recordings

8.9.1 Recording scenarios

Practical ECG recordings were carried out on two subjects using dry and wet electrodes under

the following conditions:

• Sitting ECG : the subject was sitting comfortably on a chair and breathing normally.

• Waving ECG : the subject had to raise their arms up and down while sitting on a chair.

One arm was raised and lowered again and the other arm raised and lowered with about 4s

cycle.
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(a) Peak-to-Peak Output Noise Voltage Recorded using Worst-Case Single C-R Electrode Model

(b) Peak-to-Peak Output Noise Voltage Recorded using Worst-Case Double C-R Electrode
Model

Figure 8.14: Peak-to-Peak Output Noise Voltage measured on PCB at a frequency bandwidth
of 250Hz.
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• Harvard step test: the subject was required to step up and down from a rectangular platform

of height 200m. The subject stepped up with one foot, then followed by the other foot, then

the first foot was taken down followed by the second foot in about 4s cycle.

8.9.2 ECG Signal Pre-processing

In modern times, several signal processing methods are employed to pre-process a bio-signal.

Different digital processing algorithms have been used in the literature to ensure recording a

bio-potential signal of diagnostic quality. This work first uses a low-pass filter in Picoscope

having a cut-off frequency of 400Hz to record the ECG traces in .mat file format. Then,

a zero-phase digital notch filter is used in MATLAB 2019b to remove any 50Hz power line

interference from the wanted ECG signal.

8.9.3 Recordings with self adhesive gelled electrodes

Actual ECG recordings with a sampling rate of 1Ms/s using Picoscope were made on two

subjects using wet electrodes under all the recording scenarios. The ECG recordings using

the adhesive electrodes were conducted to compare the signal quality with the dry electrodes.

The ECG traces for subject 1 using gelled electrodes under sitting condition are presented in

Fig. 8.15. It is evident from these ECG traces that there is a drift in signal recording when the

battery is not connected to real ground. This is mainly due to the presence of body isolation

capacitance that makes this effect much more pronounced when the body of the subject

is not connected to ground. The body isolation capacitance and the signal drift decreases

significantly on connecting the battery to real ground, which is shown in Fig. 8.15.

8.9.4 Vest recordings with dry electrodes

Dry electrode ECG recordings were first performed using the Nike Pro vest setup as discussed

in Chapter 5. In-vivo recordings on the two subjects using textile based electrodes under

sitting ECG condition is shown in Fig. 8.16.

There were several problems with the vest setup that were encountered during arm waving
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(a) Wet Electrode and Battery Floating

(b) Wet Electrode and Battery Real Ground

Figure 8.15: ECG Recordings of Subject 1 with Wet Electrodes under sitting condition. Sub-
ject 1 is 66 years old having a hairy chest.
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(a) Dry Electrode and Battery Floating

(b) Dry Electrode and Battery Real Ground

Figure 8.16: Vest ECG Recordings of Subject 1 with Dry Electrodes under sitting condition.

and the step test. The vest did not provide adequate skin-electrode contact as was hoped for.

This was further exaggerated by a heavy breathing artefact being superimposed on the wanted

ECG signal during exercise. Unfortunately, it became impossible to do any vest recordings

with the dry electrodes under these exercise conditions. It is felt that a suitable vest would

have to be specially designed for use with textile based electrodes.

8.9.5 Dry ECG recording using adhesive tape

A simple alternative solution was then exploited where the dry electrodes were cut out of the

vest and connecting leads were held in contact with the skin using surgical adhesive tape, as

195



Figure 8.17: Subject 2, Male, with dry electrodes held onto the skin with the aid of a surgical
adhesive tape.

shown in Fig. 8.17 on Subject 2. It must be stressed that the skin was not cleaned, rubbed

or prepared in any way so as to uphold the credibility of textile based dry electrodes. ECG

traces for Subject 2 using dry electrodes under all conditions are presented in Fig. 8.18.

8.9.6 Concluding remarks

The presented ECG traces on a limited study of two subjects show that the morphology of the

ECG signal for both wet and dry electrodes contain no significant distortion, apart from the

interference present in the recordings. In addition, baseline wandering and motion artefacts

have been observed in waveforms where the subjects underwent physical exercise. This further

confirms the necessity to have an integrated recording system in a customised body-fit vest

to secure good contact between skin and electrodes. The quality of the signals recorded will

be further improved by the use of advanced signal processing.
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(a) Sitting

(b) Arm Waving

(c) Step Test

Figure 8.18: Comparison of ECG Recording of Subject 2 with Dry Electrodes under all sce-
narios.
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9 Conclusion & Future Work

9.1 Analytical Work

This thesis presents a novel low-power, low-noise single supply ECG amplifier that can be inter-

faced with textile-based ungelled electrodes for ambulatory monitoring of the human electro-

cardiogram. The work emphasises the need to include the effect of skin-electrode impedance

to evaluate amplifier performance parameters such as - Frequency Response, Transient Re-

sponse, Input Impedance, Noise and CMRR. The variation of these parameters at different

input frequencies have been comprehensively studied in this work. A substantial amount of

analytical and experimental work on modelling the skin-electrode-amplifier interface and its

electrical behaviour was carried out. This was done in the light of the current international

performance standards IEC 60601 pertaining to electrocardiographic equipment and has led

to the identification of shortcomings in this standard. The work completed has allowed design

criteria for the amplifier input impedance needed for recording diagnostic quality of ECG sig-

nals with dry un-gelled electrodes to be established and suggestions to be made for revision of

the IEC60601 standards. This work identifies that ECG amplifiers adhering to the IEC 60601

standard with respect to input impedance requirements can introduce undershoot distortion

of over 100µV, false S-wave creation, recovery slope exceeding 300µV/s and alterations in

the ST segment of the ECG signal. Rigorous analytical work supplemented with practical

bench tests has identified that the single-time constant electrode model imposes more strin-

gent amplifier performance requirements when compared with the more accurate double-time

constant electrode model. The work also characterises the noise voltage generated by the

electrodes to be lower than that introduced by the amplifier. Some of the novel contributions
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of this work are listed below:

• skin-electrode impedance characterisation of dry textile based ECG electrodes.

• skin-electrode noise measurement of un-gelled textile based electrodes.

• recommendation to revise the IEC 60601 input impedance requirements in context of

the transient performance specification.

• design of a low-power, low-noise ECG recording amplifier that can be interfaced with

textile-based electrodes.

Using equation (4.7.1) and considering Rin=10GΩ, it is evident that the amplifier presented in

this work can handle a maximum single C-R skin-electrode impedance value of 166MΩ//2.5nF

to meet the IEC60601 transient response requirements. This impedance value is much higher

than the worst case single C-R model as indicated in section 8.4. The maximum limiting skin-

electrode impedance value to meet the transient response for a double C-R model can only

be derived graphically or numerically as no analytical solutions can be found from equations

(4.7.3) and (4.7.4). It must be stressed that the transient response requirements for a single

C-R model has proven to be stringent when compared with a double C-R model. This is

based on twenty different skin-electrode impedance models that were studied in Chapter 4.

The performance of the ECG recording amplifier when compared with target requirements

are summarised in Table 9.1. The amplifier has met all performance parameters except the

semiconductor noise, which is measured slightly outside the IEC 60601 noise margin. The

noise levels can be further improved at the expense of power consumption [25].

9.2 Amplifier Design and Verification

An amplifier for use with textile electrodes was designed with some novel features to ensure

that the performance requirements of IEC60601 are met. This includes the common-mode

impedance boosting mechanism and the neutralisation of op-amp input capacitance by power

supply bootstrapping. The PCB design has shown that the input impedance has been boosted

to a minimum value of 10GΩ within a frequency range of 0.1-150Hz. The design offers a linear,
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Table 9.1: Amplifier Performance Evaluation

Measured Value Target Value

Supply voltage 3.7 V 3-5 V

Power 112 µW 1 mW (max)

Gain 41 dB 40-46 dB

3dB Bandwidth 0.03 – 350 Hz 0.05 – 1000 Hz

±0.5 dB Bandwidth 0.1 – 42 Hz 0.1 – 30 Hz

CMRR at 50 Hz 90 dB 80 dB (min)

Max. undershoot 14 µV 100 µV (max)

Max. recovery slope 216 µV/s 300 µV/s (max)

Noise referred to input 32 µV 30 µV (max)

low complexity, novel method of achieving power supply bootstrapping using low-power, low-

noise op-amps. Tolerance of 0.1% resistors are used in all the stages of the amplifier design

to reduce CMRR degradation due to resistor errors. The electrode and input impedance

mismatch proved to be the dominant factor in determining the overall CMRR of the recording

amplifier when an skin-electrode impedance as high as 10MΩ is considered.

Therefore, an active right-leg-drive (RLD) with a gain of 20dB is used in the design to

guarantee a CMRR of over 80dB, which is the current medical standard for ambulatory ECG

monitoring. In bench tests, the CMRR with the inclusion of the RLD was measured at over 90

dB at 50 Hz, and 80 dB at 200 Hz for the worst case electrode models, meeting the IEC60601

requirements. Unfortunately, when used with electrodes placed on a subjects chest, the right

leg drive amplifier became unstable. This is mainly attributed to the low capacitive load drive

ability of OPA379 as it has a limit of 100pF as outlined in Chapter 5. The redesigning of this

stage using LT6001 op-amps used in the first stage which can drive a capacitive load of 500pF

would be likely to solve the problem. This would further require redesigning a new PCB as

the footprints of LT6003 is different than that of OPA379. Designing a new board was not

undertaken as the manufacturing cost was significantly high.

Due to the COVID 19 pandemic word-wide and nationally, only 2 subjects could be recruited for

in-vivo actual ECG recordings. Measurements were recorded for the subjects at rest and also
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when exercising. The recorded ECG waveforms showed signs of semiconductor noise but it did

not distort the signal as there was hardly any noticeable difference observed in ECG recordings

made using wet and dry electrodes. Table 9.2 presents some essential overall performance

of the pre-amplfier and contrasts it with the design solutions provided by Burke & Gleeson

in 2000 and Assambo & Burke in 2011. The thesis presented uses a lot of analytical and

practical bench tests to evaluate the performance of the amplifier. Most of these parameters

using worst case electrode models have met the target design standards.

Table 9.2: Comparison of ECG Recording Amplifiers Performance Characteristics

diff.
gain

-3dB
bandwidth

input
imped.

CMRR
@50Hz

inp.
ptp.
noise

power
diss.

approx.
cost

spec. limits N.A ≤0.05-≥250Hz ≥10MΩ ≥80dB ≤30µV N.A N.A

Burke [20] 43dB 0.04-2.2kHz 66MΩ 84dB 50µV 27µW 20 Euros

Assambo [8] 40dB 0.04-1.25kHz 2GΩ 97dB 200µV 45µW 10 Euros

This work 41dB 0.03-350Hz 10GΩ 90dB 32µV 112µW 20 Euros

9.3 The Vest and the Connecting Leads

The use of the Nike Pro Vent body-fit sports vest proved to be infeasible solution as difficulties

in recording ECG arose when the subjects had to undergo physical exercise. Good skin-

electrode contact is essential to record a high quality ECG signals. Therefore, electrodes

stitching inside the vest needs to be customised to ensure a good contact between the skin

and the electrode. The vest would probably have to include additional elastication at the

location of the electrodes and be shaped specially to maintain good contact between electrodes

and skin during exercise. The movement of the leads during exercise contributed to motion

artefacts within the signal bandwidth. Some special purpose channel could be woven into

the vest to hold the leads in place and prevent their relative movement. Proper vest design

would require a separate future interdisciplinary project with the involvement of mechanical

engineers, people from art&design and a manufacturing company.

The past decade has seen a significant rise in the use ECG monitors in professional athletic
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training and evaluation programmes. There is now more than 100 sudden and unexplained

deaths annually in Ireland on the sports-field of young healthy athletes under 35 years of

age. This has led to calls for more adequate screening programmes for these athletes when

undergoing rigorous training so that these risks can be identified in advance. Therefore, the

interdisciplinary project has a good prospect of getting a manufacturer involved as the market

demands to record a diagnostic ECG are substantial. The use of leads can be eliminated by

recording the ECG signal wirelessly using Bluetooth Low Energy (BLE) [168–170] but it will

come at the expense of power consumption. Accelerometers [171–173] used at the electrode

site can also be potentially used to monitor the nature of movement artefacts and provide a

means of eliminating or minimising their effects.

9.4 Signal Processing

There are several digital signal processing techniques that have been introduced in the litera-

ture to mitigate the effects of motion artefacts [174] causing baseline drifts. Traditional signal

processing algorithms have used finite/infinite impulse response (FIR/IIR) high pass filters,

average filters [175, 176], wavelet transforms [177, 178] to suppress motion artefacts. The use

of FIR/IIR high-pass filtering with a lower cut-off frequency of 0.5Hz or 0.67Hz is one of the

most common practice in modern times [179, 180]. However, a low cut-off frequency higher

than 0.05Hz can introduce distortion in the ST segment of the ECG waveform [6, 181, 182].

The performance of a median filter and a moving average filter on removing motion artefact is

highly susceptible to the chosen length of the window [174]. Suitable selection of the wavelet

function, including choosing correct threshold levels is essential to reduce in-band noise[174].

Various adaptive filtering techniques [183, 184] have been used in recent years to remove

any low frequency baseline wandering. These sophisticated digital filtering algorithms can be

used in conjunction with the recorded signals from the amplifier to obtain a diagnostic ECG

waveform during movements or exercise.
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