
 

  

Abstract—This paper presents the design, construction and 

performance verification of an ultra-low-power amplifier for use in 

long-term ambulatory recording of the human electrocardiogram 

(ECG) employing gel-free electrodes. The circuit structure has 

been optimized to provide the stringent low-frequency response 

characteristics and common-mode rejection ratio (CMRR) 

demanded in this application. The amplifier possesses a gain of 40 

dB in a 3 dB bandwidth extending from 0.04 Hz to 1250 Hz. It 

also exhibits a maximum undershoot of 0.09 mV and a maximum 

recovery slope of 0.04 mVs-1 in response to a short 3mV input 

pulse of 100 ms duration, which is within the specification limits 

defined by international standards. The CMRR is greater than 95 

dB at a mains frequency of 50 Hz. The amplifier draws a quiescent 

current of 15 µA from a 3 V battery, resulting in a total power 

consumption of less than 50 µW. Comparative in-vivo ECG 

recordings were obtained in several subjects at rest and under 

exercise conditions. The recordings obtained using the gel-free 

electrodes prove to be of equal quality to those obtained using 

traditional self-adhesive, gelled electrodes. 

 

Keywords—Dry-electrodes, electrocardiogram (ECG), high 

impedance, instrumentation amplifier.  

I. INTRODUCTION 

he ECG waveform is recorded from the surface of the 

skin using body electrodes and a recording amplifier. In 

conventional recording a coupling gel is used with the 

sensing electrodes, which must also be placed correctly on 

the subject's body by a professional medic. Many advances 

have been made in the quality and performance of 

disposable gelled or adhesive electrodes which are in 

everyday use. Nevertheless, some patients develop allergic 

reactions and skin irritation when these electrodes are used 

for long-term ambulatory recording of the ECG. Moreover, 

the gel also dries out over wearing time, which reduces 

signal quality and the performance of the recording system 

[1]. In more recent years, there has been a growing interest 

in the area of ambulatory ECG (AECG) recording using dry 

or ungelled electrodes for long term physiological 

monitoring [2] - [6]. The key advantage of dry electrodes is 

the elimination of allergic reactions commonly associated 

with electrolyte gels in long-term monitoring. Furthermore, 

the durability of dry electrodes over gel-based ones permits 

their shelf-life to be extended and their repeated reuse with 

proper disinfection.  

 The use of non-contact capacitive electrodes in the 

provision of non-intrusive ubiquitous ECG monitoring has 
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been investigated [7] - [9]. Insulated electrodes having 

extremely low coupling capacitance require ultra-high input 

impedance amplifiers, which are highly susceptible to 

external electrostatic and electromagnetic interference even 

when shielding is used around the electrodes. Their reported 

lack of robustness has thus made insulated electrodes 

unsuitable for use with functional clothing [5]. Therefore, 

long-term ECG applications have generally employed dry, 

flexible, contact electrodes that rely on perspiration built on 

the surface of the skin to facilitate electrical conduction. 

Much higher performance is required of the amplifier in 

the case of dry-electrode ECG monitoring than in 

conventional recording to compensate the lower electrical 

conductivity and their vastly different electrical properties. 

Optimized designs of the analog front-end amplifier have 

usually involved measuring the impedance of the skin-

electrode interface. Some progress has been made in the 

realization of long-term telemetric ECG monitoring but the 

quality of signal recorded remains below that of a standard 

electrode Holter system [4]. Gargiulo et al. have presented 

an amplifier for dry-electrode ECG recording but without 

low-power in mind and thus it requires batteries to be 

recharged or changed regularly [3]. A micropower ECG 

amplifier exhibiting high CMRR performance and ultra-low 

noise characteristics was presented by Fay et al., but 

reference was not made to use with dry electrodes [10]. A 

previous design by Burke & Gleeson demonstrated the 

feasibility of dry-electrode ECG recording using a 

preamplifier that dissipates less than 30 µW of power [6]. 

However, performance requirements related to the system 

impulse response were not considered as they were not in 

operation at the time. Amplifier designs previously 

published are not readily adapted for use with the dry 

electrodes currently available. In this paper, the authors 

outline the design of a low-cost preamplifier employing 

commercially available components that is suitable for dry-

electrode recording of the ECG, and provides a signal of 

adequate quality for clinical purposes in the light of the 

system performance requirements introduced in 2011 [11]. 

II. ESSENTIAL PERFORMANCE REQUIREMENTS 

Lack of fidelity in the reproduction of the ECG limits the 

ability of the cardiologist or an automated interpretation 

system to faithfully measure signal amplitudes, time 

relationships and waveform characteristics of the signal and 

may have serious clinical consequences. To ensure that the 

amplifier functions reliably in this regard, international 

standards dictate essential performance requirements. The 

International Electrotechnical Commission (IEC) is the 
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source of the majority of standards in electrocardiography 

applied world-wide [11], [12]. Despite the fact that 

standards in the USA are initially based on IEC documents, 

the American National Standards Institute (ANSI) generally 

considers recommendations of the American Heart 

Association (AHA) for its final texts [13] - [16]. 

A. Safe Current Limits 

 Specification limits related to patient safety relevant in 

low-voltage battery-powered applications in the range dc to 

the tenth harmonic of the power line frequency are listed in 

Table I. The more stringent requirement issued by the AHA 

is justified by studies reporting dangerous physiological 

changes occurring in patients connected to a 50 µA rms 

signal at 60 Hz over a 5 s period [16].  

 

TABLE I 

SAFE CURRENT LIMITS FLOWING THROUGH PATIENT 

 AHA ANSI & IEC 

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

Max. current under fault condition 10 µA rms 50 µA rms 

 

 Inserting dc-blocking capacitors and current-limiting 

resistors in series with the sensing electrodes limits the 

current that can reach the patient's body. The dc-blocking 

capacitors have been placed in some amplifier designs in the 

second stage after moderate amplification but such a 

configuration allows op-amp bias currents to flow through 

the subject’s body which can exceed the specified limit 

under fault conditions [17] - [19]. It also causes a voltage 

drop across the skin-electrode impedance, the magnitude of 

the latter being several MΩ at low frequency in the case of 

dry electrodes. This dc current can also charge the 

capacitance of the electrodes generating additional unwanted 

in-band artefact associated with motion and changes in the 

skin-electrode interface. 

B. ECG Input Dynamic Range 

The differential input signal range, its maximum rate of 

variation and the level of dc offset voltage specifications are 

given in Table II. If the preamplifier is to provide a 1 V ptp  
 

TABLE II 

DYNAMIC RANGE AND OFFSET VOLTAGE REQUIREMENTS 

 Ambulatory ECG 
Diagnostic quality 

ECG 

Input range ±3 mV ±5 mV 

Slew rate 125 mVs-1 320 mVs-1 

Dc offset voltage ±300 mV ±300 mV 

 

output to the subsequent signal conditioning stages, the 

required voltage gain in the frequency bandwidth of the 

signal must be 40 dB. 

 In addition, the maximum input signal rate of change must 

be considered for the selection of op-amps having sufficient 

slew-rate performance. Finally, the presence of a significant 

skin-electrode polarisation voltage confirms the need of dc-

blocking capacitors in series with the dry contact electrodes. 

It should be noted that reduced dynamic range requirements 

are specified for AECG because it was assumed that AECG 

interpretations do not ordinarily involve analysis of the ECG 

features in fine morphological detail.  However, the 

approach taken by the authors aims at designing an amplifier 

for diagnostic quality ECG recording, which implies 

adhering to the most stringent requirements. 

 

C. Frequency Response 

Frequency response requirements, summarised in Table 

III, must be considered at every stage of the design of an 

ECG amplifier. It has been proven that inadequate high-

frequency response rounds off the sharp features of the ECG 

waveform and diminishes the amplitude of the QRS 

complex, while distortion in the slow varying detail such as 

the T wave occurs due to poor low-frequency performance, 

degrading the reproduction of the ST segment [20], [21]. 

Therefore, reproduction fidelity necessitates sufficient 

frequency bandwidth and a satisfactory phase characteristic 

to prevent signal distortion.  

The AHA insists upon a 3-dB bandwidth of 0.05 – 250 Hz 

in AECG for infants weighing less than 10 kg and 

recommends that the amplitude response should be flat to 

within ±6% (±0.5 dB) over the range 0.14 to 30 Hz [14]. In 

addition, the AHA recommends that ECG amplifiers should 

introduce no more phase shift into the signal than that which 

is introduced by a 0.05-Hz, single-pole high-pass filter [14]. 

Our target 3-dB bandwidth has been extended to 0.05 - 2500 

Hz in order to keep the phase shift introduced by the 

preamplifier below 6º within an ECG signal bandwidth of 

0.5 - 250 Hz. More recently, low-frequency criteria have 

been specified in terms of the system impulse response. Both 

IEC and ANSI standards state that a 300 mVs impulse shall 

not yield an offset from the isoelectric line on the ECG 

record of greater than 0.1 mV, and shall not produce a 

recovery slope of greater than 0.3 mVs
-1

 following the end 

of the impulse [11] - [13]. The AHA recommends that a 1 

mVs input impulse should not generate a displacement 

greater than 0.3 mV. The slope of the response outside the 

region of the impulse should nowhere exceed 1 mVs
-1

 [14], 

[15]. 

 

D. Optimizing Low-Frequency Performance  

 The amplifier front-end has been adapted to prevent the 

skin-electrode interface and the dc-blocking capacitors in 

series with the electrodes from giving rise to significant 
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TABLE III 

FREQUENCY RESPONSE REQUIREMENTS 

 AECG Diagnostic quality ECG 

 AHA ANSI & IEC AHA ANSI IEC 

Upper 3 dB cut-off freq. 60 Hz  55 Hz 250 Hz 150 Hz 40 Hz 

Lower 3 dB cut-off freq. 0.05 Hz 0.05 Hz 0.05 Hz 0.67 Hz 0.67 Hz 

Test input impulse width 1 mVs 0.3 mVs 1 mVs 0.3 mVs 0.3 mVs 

Max. undershoot after impulse 0.3 mV 0.1 mV 0.3 mV 0.1 mV 0.1 mV 

Max. recovery slope after impulse 1 mVs-1 0.3 mVs-1 1 mVs-1 0.3 mVs-1 0.3 mVs-1 
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Fig. 1 Model of the Skin-Electrode-Amplifier Interface 

 

low-frequency distortion of the ECG signal. A set-up 

showing the detection of an ECG signal from the body 

surface using a pair of sensing electrodes and a differential 

amplifier is schematically illustrated in Fig. 1. The common-

mode input resistances, Rc and Rc’, are the equivalent 

resistances of both inputs of the differential amplifier with 

respect to the analog common and the differential input 

resistance, Rd, is the equivalent resistance between the two 

inputs terminals. The overall input impedance Rin = Rd//(2Rc) 

must be large enough to compensate the effective skin-to-

electrode impedance over the frequency range of the signal 

and to guarantee that signals from all subjects will be 

monitored with the minimum attenuation and reproduction 

error. 

The effect of the skin-electrode interface is simulated by 

means of a 620 kΩ resistor in parallel with a 4.7 nF 

capacitor in international standards. It is stated that at 10 Hz, 

the impedance of the combination should not cause an 

attenuation of greater than 20% in diagnostic quality ECG 

monitoring or 6% in AECG recording, leading to minimum 

values of amplifier input impedance as 2.5 MΩ and 10 MΩ, 

respectively.  

The skin-electrode model shown in Fig. 1 was proposed by 

Kaczmarek & Webster [22]. It represents the skin-electrode 

interface as a double-time-constant system having one 

resistor-capacitor network associated with the skin-electrode 

contact and one associated with the epidermal layer of the 

skin itself. If Rc and Rd are taken as purely resistive, the 

frequency response of the combined skin-electrode-amplifier 

network as measured at the amplifier input is given as: 
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with the skin-electrode impedance Ze given by: 
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Baba & Burke developed a technique for measuring the 

impedance of the skin-electrode interface that relies upon the 

time response of the skin-electrode interface to a current 

pulse [23], [24]. Measurements were carried out on seven 

subjects, using several different types of dry electrodes, 

under variable conditions of contact pressure, electrode 

settling time and current level. The identification of the skin-

electrode interface model parameters from 268 

measurements returned values of resistance ranging from 

640 Ω to 2.54 MΩ and of capacitance ranging from 0.1 µF 

to 432 µF, while values of the time constants τ2s = R2sC2s and 

τ4e = R4eC4e varied from 0.02 s to 31.29 s [23]. It can be 

shown that eq. (3) allows the amplitude response suggested 

by the AHA to be fulfilled while the phase response 

requirement is met by eq. (4):  
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For all measurements, the minimum input impedance that 

fulfils the amplitude response recommendation is 115 MΩ. 

Meeting the phase criterion requires a minimum input 

impedance of 750 MΩ. 

 

 
Fig. 2 A plot showing the time-domain specifications 

 

An algorithm was developed in MATLAB to calculate the 

maximum undershoot and recovery slope for Rin values 

ranging between 10 MΩ and 10 GΩ and to find the 

minimum value for which the combined skin-electrode-

amplifier network meets the impulse response requirements 

depicted in Fig. 2. The required minimum input impedance 

varies between 20 MΩ and 2 GΩ for a range of capacitance 

values of Cin varying from 0.01 µF to 3.3 µF, available in 

multilayer ceramic form. As suggested by eq. (4), it was 

observed that with increasing dc-blocking capacitance value, 

the parameters of the skin-electrode interface become the 

limiting factor [25]. All results confirm that meeting the 

impulse response specification requires the highest value of 

input impedance of 2GΩ, which was therefore selected as 

the target design value. This is seen to be well above the 

IEC specification value of 10 MΩ and highlights the 

shortcoming of this impedance specification for dry 

electrodes. The model parameter values of the skin-

electrode interface associated with the highest input 

impedance requirement are: C2s = 0.01 µF, C4e = 0.1 µF, R2s 

= 1.76 MΩ, R4e  = 1.84 MΩ and R1s + R3e = 6 kΩ. 

 

E. Optimizing CMRR performance 

 It is important to recognize that high fidelity in the 

reproduction of the ECG waveform requires a measurement 

system that preserves the ECG features and provides 
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amplification selective to the physiological signal while 

rejecting external interference and noise. 

 
Fig.3 Schematic of ECG amplifier with right-leg-drive 

 

 As shown in Fig. 3, the electric field associated with the 

mains supply is capacitively coupled to the subject who is 

also coupled to ground via the body capacitance, Cb [26], 

[27]. With battery-operated instruments, when the common 

supply line of the amplifier is not at true earth potential, 

there is also an isolation capacitance, Ciso, present. A 

displacement current, id, then flows through the subject to 

ground, developing an interfering signal at the input to the 

recording amplifier. The CMRR of the amplifier is relied 

upon to suppress common-mode interference, and the 

performance requirements in this respect are listed in Table 

IV. There are three primary factors which contribute to the 

CMRR obtainable for the overall amplifier, namely: the 

component due to manufacturing tolerances in the gain-

determining resistors, CMRR∆R; the finite CMRRop of the 

op-amps used to implement the circuit; and the component 

due to common-mode impedance mismatch at the amplifier 

input, CMRR∆Z. The overall CMRR of the amplifier is 

determined by the combination of these contributing factors 

as: 
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The analog front-end amplifier shown in Fig. 3 is a 

standard circuit commonly used for biomedical signal 

sensing because it exhibits superior immunity to common-

mode interference when compared to voltage follower and 

two-op-amp configurations. It can be shown that the 

minimum common-mode rejection ratio due to 

manufacturing tolerances ±∆R in the gain-determining 

resistors is closely approximated by: 
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where Ad = (1+2R2/R1)(R4/R3) is the overall nominal 

differential gain of the amplifier. CMRR∆R is defined as the 

product of the CMRRs of the two individual amplification 

stages and is commonly approximated by Ad/4∆R [28] - [30]. 

Therefore the use of high gain in both stages of the circuit 

has been recommended for achieving high CMRR 

performance [6]. For a given nominal differential gain Ad, 

however, it can be shown that the differential gain should be 

allocated exclusively to the differential input stage whenever 

possible [31]. The gain of the differential-to-single-ended 

stage should thus be made unity by selecting R3 = R4. If a 1% 

manufacturing tolerance is assumed for all resistors and a 

differential mid-band gain of Ad = 40 dB is required, then in 

the worst-case scenario CMRR∆R = 74 dB. 

 

TABLE IV 

CMRR REQUIREMENTS 

 

The CMRR of an op-amp is defined as the ratio of its 

differential gain to its common-mode gain. Taking CMRRop 

>> 1 and R3 = R4 in the circuit of Fig. 3, the Common-Mode 

Rejection Ratio due to the finite CMRR of the op-amps is 

closely approximated by: 
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The CMRR performance of suitable ultra-low-power op-

amps commercially available allows the minimum CMRRop 

to be estimated at 64 dB. 

Ideally, in the absence of a differential input signal, the 

voltages at the input terminals of the recording system are 

equal, resulting in VOUT = 0 V at the output. However, 

imbalanced electrode impedances, Ze1 and Ze2, and finite 

imbalanced values of common-mode input impedance, Rc 

and R
’
c generate a differential signal at the input terminals of 

the op-amps from the common-mode input signal. Assuming 

a purely resistive input impedance, CMRR∆Z can be 

expressed in terms of the nominal impedances, Ze and Rc, 

and their respective mismatch variations, ∆e and ∆c, as 

follows: 
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The dominant variation in the impedances concerned is 

that of the skin-electrode interface, which if considered to be 

mismatched by a factor of 2:1 between electrodes, gives ∆e = 

0.33. The high design value of common-mode input 

impedance Rc = 2 GΩ with ∆c = 0.03, coupled with the 

worst-case lowest electrode impedance magnitude |Ze| = 170 

kΩ at 50 Hz yields a minimum value of CMRR∆Z of 85 dB. 

The overall CMRR of the differential amplification channel 

can then be evaluated using eq. (5) at CMRRmin = 61 dB.  

The effectiveness of right-leg body potential drivers in 

increasing the overall CMRR of instrumentation amplifiers 

has been demonstrated in ECG recording performed in a 

 AECG Diagnostic quality ECG 

 ANSI & IEC ANSI IEC 

CMRR at mains freq. 60 dB 95 dB 89 dB 

CMRR at 2xmains freq. 45 dB N.A. N.A. 
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three-electrode configuration, as shown in Fig. 3. Winter and 

Webster [27] showed that the common-mode signal on the 

body is reduced by the gain of the driven-right-leg circuit 

built around op-amp A4 compared to that present without the 

right-leg-drive, which for the circuit shown is given as: 

a

f
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cm 2
1

R

R
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+
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F. Intrinsic noise vs power consumption 

The target maximum level of noise at the output of the 

amplifier is 30 µV ptp when referred to the input, as stated 

in diagnostic quality ECG standards issued by both ANSI 

and IEC. This remains a challenging obstacle to the 

detection of low-level signals as noise performance is 

restricted in op-amps that are optimized for low supply 

voltage and ultra-low quiescent current. Semiconductor 

noise and its effect on signal-to-noise ratio in low-power 

dry-electrode ECG recording is analysed in more detail by 

Burke & Gleeson in [6]. It is desirable to use the lowest 

power op-amp available with suitable performance 

characteristics so that the power consumed by the recording 

amplifier can be minimised. Unfortunately, many 

manufacturers do not give sufficient information on the 

noise properties of their op-amps to allow accurate analysis 

to be carried out for their use in biomedical applications. As 

for all battery-powered equipment, an acceptable 

compromise must then be found between performance and 

power consumption. Equipment operating from a single 

voltage supply allows cost and circuit complexity to be 

reduced, since a single supply source can provide power to 

all components of the system. Low-cost 3 V lithium coin-cell 

batteries providing 1 Ah capacity are available today which 

can operate continuously for up to 30,000 h. Despite not 

being rechargeable, these batteries offer excellent shelf-life 

for their relatively small size and can support physiological 

monitoring over three to four years without a replacement of 

the battery. 

 

III. CIRCUIT OUTLINE 

Fig. 4 shows the circuit diagram of the ultra-low-power 

ECG amplifier proposed by the authors, optimized for 

enhanced CMRR and low-frequency performance. The 

difference between this and the design presented by Burke & 

Gleeson [6] resides essentially in the distribution of the gain 

within the amplification channel and the redesign of 

characteristics. In this revised structure the differential gain 

has been exclusively allocated to the second fully differential 

amplification stage built around op-amps A3 and A4. The 

front-end in this design acts as an impedance defining unity-

gain buffer stage. The use of unity gain here allows the 

effects of mismatch of gain-determining resistors used in 

earlier versions of the circuit to be eliminated [6], [32], [33]. 

Input bias currents are prevented from reaching the patient’s 

body by the coupling capacitors C0A, C0B and C0C. 

Therefore, the dc-current that flows from the power supply 

to the analog common rail finds its path through resistors 

R2A, R3 and R2B in series. These resistors also define the dc 

bias voltages at the input terminals of op-amps A1 and A2 at 

3Vcc /4 and Vcc /4, respectively. This is achieved by selecting 

R2A = R2B = R2 = R3/2. The dc bias voltages are preserved on 

each side of the second differential stage by ensuring that the 

dc gain is unity with the use of capacitor, C1. The use of 

unity gain in the differential-to-single-ended output stage 

results in an output dc bias voltage equal to Vcc/2. The use of 

unity gain in the final stage also aids in maximizing the 

overall CMRR. Because the two op-amps of the second 

stage provide the differential gain for the circuit, it is crucial 

that their gain-bandwidth products are sufficiently large to 

secure amplification of the input signal without amplitude or 

phase distortion within the ECG bandwidth. Op-amps from 

the MAX9910 series (Maxim Inc.) were used for this 

purpose. The two unity-gain stages at the front-end and at 

the output are built around op-amps from the OPA369 series 

(Analog Devices Inc.) for which the frequency 

characteristics exceed the bandwidth of interest. All five op-

amps in the differential amplification channel are unity-gain 

stable. 

Low cost 1% tolerance resistors are currently available in 

surface mount form for resistance values up 20 MΩ, which 

is the value used for R1A and R1B. The lower ends of these 

resistors are connected to either side of resistor R3 which 

receives positive feedback from the outputs of op-amps A1 

and A2 via resistors R2A and R2B respectively. This 

bootstrapping mechanism allows the magnitude of the 

currents flowing across R1A and R1B to be reduced, making 

their resistance appear much higher at the amplifier inputs 

[6]. Selecting R1A = R1B = R1, R4A = R4B = R4B and R1 >> R2 

allows the input impedance characteristics of the circuit to 

be closely approximated by: 
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A mid-band gain of 40 dB is obtained with R7A = R7B  = R7 = 

10 MΩ and R6 = 200 kΩ. Capacitances C4A, C4B, C5A and C5B 

have been included to prevent the risk of instability that may 

be caused by parasitic capacitances at the input of op-amps 

A3 and A4. The amplifier frequency response is preserved by 

using pole-zero cancellation in making 2C5AR7A = 2C5BR7B = 

C4AR6 = C4BR6 [6]. Choosing C4A = C4B = C4 = 100 pF 

overcomes the effect of variation in the input capacitance of 

the op-amps and creates a zero at 16 kHz which is cancelled 

by the pole created by selecting C5A = C5B = C5 = 1 pF. The 

transfer function of the amplifier circuit is then given by: 
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where fc1 = 1/(πRinC0), fc2 = 1/(2πR6C1) and C0 is the
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Fig. 4  Schematic diagram of the optimized low-power dry-electrode ECG recorindg amplifier 

 

capacitance of the dc-blocking capacitors C0A and C0B. 

Selecting C1 = 22 µF sets the low-frequency cutoff fc2 at 

0.036 Hz, fulfilling the AHA recommendations listed in 

Table III. In addition, the combined response of the first and 

second stages are made equivalent to that of a single-pole 

high-pass filter by making fc1 = fc2/(1+R7/R6). This is 

achieved with C0 = 0.47 µF, leading to a simplified transfer 

given by: 
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CMRR performance is enhanced by the implementation of 

a common-mode right-leg drive feedback circuit built 

around op-amp A6. The transfer function of this stage is 

given as: 
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Instability was experienced during actual ECG recording 

when the gain of driven-right-leg circuit was set relatively 

high, at around 40 dB. The problem was solved by reducing 

the gain to a maximum of 17 dB in the 3dB bandwidth 0.3 – 

100 Hz. 

IV. PERFORMANCE EVALUATION 

The proposed ECG amplifier circuit was first simulated in 

PSpice to allow the predicted performance to be verified 

before a prototype was built and tested. Bench test results 

confirm that the measured response is in accordance with 

simulation results at low frequencies, fulfilling the 

performance requirements. However, discrepancies between 

theoretical and measurement responses at high frequency 

were observed. This is believed to be caused by the presence 

of parasitic capacitance on the circuit board not accounted 

for in the circuit model. Plots of the differential amplitude 

and phase responses are shown in Figs. 5 and 6, 

respectively. The 3-dB bandwidth of the amplifier extends 

from 0.04 Hz to 1.25 kHz and the phase shift introduced is 

within ±6º from 0.38 Hz to 98 Hz.  

The impulse response was tested with an input pulse of 3 

mV in amplitude and 100 ms in duration repeated every 2 s. 

The maximum undershoot and the maximum recovery slope 

at the end of the impulse were measured at 0.09 mV and 
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0.04 mVs
-1

, respectively, referred to the input. These values 

are within the specification limits given in Table III. 

Input impedance and CMRR characteristics were 

measured in the frequency range 0.5 Hz – 10 kHz. At the 

lower end of the ECG spectrum, 0.5 Hz, the amplifier input 

impedance Rin = Rd//(2Rc) was measured as 2.1 GΩ and the 

CMRR as 108 dB. At mains frequency, 50 Hz, the common-

mode input impedance Rc was measured as 2.2 GΩ and the 

CMRR as 97 dB. The CMRR at twice the mains frequency 

was 89 dB. Input impedance and CMRR requirements are 

therefore met. 

The level of output noise was evaluated for both wet and 

dry electrodes connected together and individually to the 

analog common rail. Noise was measured in all cases at 200 

µV ptp, when referred to the input. This suggests that the 

output noise level is not noticeably affected by the presence 

of the input electrodes and can be considered to be 

semiconductor noise generated within the op-amps. Results 

of the bench tests are summarized in Table V below. 

 

TABLE V 

SUMMARY OF TEST RESULTS  

 Measurement Target value 

Supply voltage 3 V 3 V 

Power 45 µW 50 µW (max) 

Gain 40 dB 40 dB 

3dB Bandwidth 0.04 – 1250 Hz 0.05 – 2500 Hz 

±0.5 dB 

Bandwidth 

0.1 – 45.4 Hz 0.14 – 30 Hz 

Phase at 0.5 Hz 4.6º 6º (max) 

CMRR at 50 Hz 97 dB 95 dB (min) 

Max. undershoot  0.09 mV 0.1 mV 

Max. slope 0.04 mVs-1 0.3 mVs-1 

Noise ref. to input 200 µV 30 µV (max) 

 

Fourteen healthy volunteers, 10 male  and 4 female, aged 

between 22 and 41 years were recruited for the recording of 

in-vivo ECG signals using standard Ag/AgCl pre-gelled 

electrodes (Schiller Biotabs, 2.3 x 2.3 cm) and conductive 

silicon rubber dry electrodes (Pro Carbon C5005PF, 2.6 cm 

diameter). The dry electrodes were disinfected with an 

alcohol wipe before being applied to the skin, but the skin 

was not cleaned, abraded or prepared in any way. 

A sample ECG waveform recorded from one subject 

while standing at rest is shown in Fig. 7 and while the 

subject was undergoing the Harvard step test in Fig. 8. The 

quality of the recorded lead II ECG waveforms is 

comparable for measurements taken with dry and wet 

electrodes for both resting and exercising condition. 

Baseline variation and motion artefact can be observed in 

tracings recorded during exercise but is not any worse using 

dry electrodes compared with adhesive jelled electrodes. 

The exercise recordings in both cases clearly need further 

processing before being useful for clinical purposes.  

Semiconductor noise affects all waveforms but does not 

seriously degrade the recorded signal. Nonetheless, the level 

of noise present is higher than that allowed by international 

standards. This can be reduced by using better quality op-

amps with lower noise characteristics but this will be at the 

expense of higher quiescent currents and hence increased 

power consumption. 

V. CONCLUSION 

The design of the optimized low-power dry-electrode 

ECG amplifier reported by the authors has concentrated on 

essential performance requirements recently introduced. An 

earlier design published by Burke & Gleeson in 2000 

presented a circuit structure suitable for dry-electrodes 

applications. The revised and optimized circuit presented 

exhibits enhanced low-frequency and CMRR performance 

compared with previous versions [6], [32], [33]. The power 

consumption of the circuit presented is very low at only 45 

µW when operating form a 3V battery, making the amplifier 

ideally suited to long-term ambulatory ECG monitoring. 

Reducing semiconductor noise will require the use of op-

amps with higher quiescent currents, and consequently 

higher power consumption. 

The effect of baseline wander and motion artefact is 

expected to be reduced by having a complete recording 

system integrated in a body-fit vest, securing good contact 

between skin and electrodes and preventing the movement of 

leads. 
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Fig. 5.  Measurement plots of the amplitude response 

compared with simulation results. 
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Fig. 6.  Measurement plots of the phase response 

compared with simulation results. 
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Fig. 7.  Sample resting ECG recordings using dry 

electrodes (upper trace) and wet electrodes (upper trace). 

 

 

 
 

 
Fig. 8.  Sample ECG recordings measured with subject 

undergoing a Harvard step test using dry electrodes 

(upper trace) and wet electrodes (lower trace).  
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