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Abstract—This paper presents an active electrode system for 

gel-free biopotential EEG signal acquisition. The system consists 

of front-end chopper amplifiers and a back-end common-mode 

feedback (CMFB) circuit. The front-end AC-coupled chopper 

amplifier employs input impedance boosting and digitally-assisted 

offset trimming. The former increases the input impedance of the 

active electrode to 2 GΩ at 1 Hz and the latter limits the chopping 

induced output ripple and residual offset to 2 mV and 20 mV 

respectively. Thanks to chopper stabilization, the active electrode 

achieves 0.8 µVrms (0.5-100 Hz) input referred noise. The use of a 

back-end CMFB circuit further improves the CMRR of the active 

electrode readout to 82 dB at 50 Hz. Both front-end and back-end 

circuits are implemented in a 0.18 µm CMOS process and the total 

current consumption of an 8-channel readout system is 88 µA from 

1.8 V supply. EEG measurements using the proposed active 

electrode system demonstrate its benefits compared to passive 

electrode systems, namely reduced sensitivity to cable motion 

artifacts and mains interference. 

 
Index Terms—Active electrode, instrumentation amplifier (IA),  

electroencephalography (EEG), chopper modulation, input 

impedance, electrode offset, ripple reduction, common-mode 

feedback (CMFB), common-mode rejection ratio (CMRR) 

 

I. INTRODUCTION 

HERE has been a growing interest in portable biopotential 

monitoring systems for personalized healthcare and 

lifestyle applications [1]-[4]. Highly miniaturized and 

autonomous sensor systems (Fig. 1) enable people to access 

their personal body area network (BAN) for medical, sports, 

entertainment and brain-computer-interfaces (BCI) 

applications. Such systems must facilitate the recording of 

biopotential signals (EEG, ECG, and EMG) in a non-invasive 

and comfortable manner, thus enabling the exploration of 

various biological features and also improving patients’ quality 

of life. 
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Fig. 1.  IMEC’s dry electrode headset for EEG monitoring.  

 

However, one of the most important drawbacks of current 

ambulatory biopotential monitoring systems is the use of 

wet-(gel-based) electrodes. The gel dries out, which reduces 

signal integrity and system performance, and it also creates 

discomfort for the patient. Hence, the presence of gel requires 

continuous attention by medical professionals. These 

drawbacks make gel-based electrode systems unsuitable for 

emerging ambulatory medical applications.  

One possible gel-free solution is the use of dry electrodes [5], 

[6]. Unfortunately, the elimination of gel elevates the 

electrode-tissue contact impedance (Rd in Fig. 2(a)), which 

increases both the level of mains interference and the severity of 

cable movement artifacts [7].  
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Dry electrode readout circuits are typically implemented 

using active electrodes [7]-[10], where a voltage buffer is 

co-integrated with the electrode (Fig. 2(b)). The minimal signal 

path between electrode and amplifier input reduces mains 

interference, while the low output impedance of the amplifier 

eliminates problems due to cable motion artifacts and 50/60 Hz 

interference. However, existing voltage buffers must consume a 

significant amount of power to meet the noise specifications. In 

addition, they only act as impedance converters, i.e. they do not 

amplify the EEG signal. Hence, a power consuming back-end 

instrumentation amplifier or a high-resolution ADC is still 

required to keep the total input referred noise at acceptable 

levels. Thus, the overall approach is power inefficient [11], 

[12].  

 One way to improve the power efficiency is to replace the 

voltage buffers by amplifiers with gain (Fig. 2(c)). The benefits 

of this approach are illustrated by the equivalent circuit 

diagrams and input referred noise expressions in Fig. 2(b)-(c), 

where 
2

_, bufferAEinV and
 

2

_, ampAEinV are the total input referred 

noise voltages of active electrode systems based on buffers and 

amplifiers respectively, 
2

,bufferinV and 
2

,ampinV are the input 

referred noise voltages of buffer and amplifier respectively, 

2

1,VGAinV  and 
2

2,VGAinV are the input referred noise voltages of 

variable gain amplifiers (VGA1 and VGA2) respectively, 1VGAP  

and 2VGAP are the power consumption of the VGA1 and VGA2 

respectively, bufferP  and ampP  are the power consumption of 

the buffer and amplifier respectively， VA  is the voltage gain of 

the proposed active electrodes in Fig. 2(c).  

The front-end buffer and amplifier have approximately equal 

input referred noise voltage and power consumption, as shown 

in (1) and (2), if they are based on the same operational 

amplifier.  
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Fig. 2.  Biopotential signal monitoring systems: (a) passive electrodes, (b) active electrode with buffer, and (c) active electrode with gain. 
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ampbuffer PP ≈  (2) 

 

The following design specification (3) is valid, when both 

systems target the same total input referred noise voltage. 

 

2

_, bufferAEinV =
2

_, ampAEinV  (3) 

 

As a result, the noise specification of the VGA1 in Fig. 2(c) is 

more relaxed than that of the VGA2 in Fig. 2(b). Therefore, the 

active electrode system in Fig. 2(c) has higher noise-power 

efficiency because of the significantly less power consumed by 

the VGA, as shown in (4). 
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Previous work on active electrodes with amplification, but 

implemented with off-shelf components, has demonstrated 

high-quality recording of biopotential signals [13], [14]. 

However, in order to further optimize the size and power 

optimization of such electrodes, custom ASICs are necessary.   

Unfortunately, state-of-the-art biopotential instrumentation 

amplifiers are not well suited for use in active electrodes 

intended for gel-free applications. Topologies that do not use 

chopper modulation suffer from 1/f noise [15], [16], while their 

CMRR is usually limited by components mismatch [17], [18]. 

Chopper-stabilized capacitively-coupled amplifiers [19]-[21] 

modulate the input signal before applying it to their input 

capacitors and so attenuate 1/f noise and increase CMRR. 

However, the switched-capacitor impedance formed by the 

input choppers and the input capacitors reduces their input 

impedance. Relocating the input chopper to the virtual ground, 

inside the feedback loop, solves this impedance problem at the 

expense of reduced CMRR [21], which is now limited by 

capacitor mismatch. A chopper-stabilized current feedback 

amplifier [23] with voltage follower inputs achieves a good 

balance between input impedance, noise, and CMRR, but its DC 

servo loop limits the maximum electrode offset rejection 

capability to a few tens of mV. In summary, the main challenge 

of a gel-free active electrode system is how to design 

ultra-low-power instrumentation amplifiers achieving low input 

referred noise (50 nV/sqrt(Hz) or 0.5 µVrms from 0.5-100Hz), 

high input impedance (>100 MΩ), and high CMRR (110 dB), 

while extracting µV level biopotential signals superimposed on 

large DC electrode polarization voltages [24].  

This paper proposes an 8-channel active electrode system 

[25], which advances the state-of-the-art, with low input 

referred noise, high input impedance, rail-to-rail electrode 

offset rejection, as well as improved CMRR with respect to 

[16]-[18], [21]. Moreover, this is the first low-power 

gain-programmable active electrode ASIC for gel-free 

non-clinical EEG monitoring applications.  

The paper is organized as follows: Section II describes the 

design details of the 8-channel active electrode system, 

including front-end amplifier and the back-end CMFB 

amplifier. Section III presents the circuit characterization 

results and EEG measurement results. Section IV concludes the 

paper. 

II. ACTIVE ELECTRODE SYSTEM 

A. Proposed Active Electrode System Architecture 

The proposed system (Fig. 3) consists of eight front-end 

active electrodes based on eight chopper instrumentation 

amplifiers, and one back-end voltage-summing amplifier.  

 
Fig. 3.  Block diagram of active electrode system. 
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The front-end circuits are responsible for the high quality 

pre-amplification of EEG signals. The proposed active 

electrode (Fig. 3) is based on a AC-coupled capacitive feedback 

amplifier with chopper modulation at the virtual ground to 

suppress the amplifier’s 1/f noise [21], in addition, the active 

electrode also utilizes an input-impedance boosting loop to 

further increase the input impedance, as well as a ripple 

reduction loop (RRL) and a DC servo loop (DSL) to 

compensate the non-idealities of the core amplifier.  

The back-end summing amplifier is responsible for 

improving the CMRR of the proposed active electrode system, 

which would otherwise be limited by components mismatch 

(Fig. 2(c)). This back-end amplifier feeds the average 

common-mode (CM) voltage of all eight amplifiers back-to 

their non-inverting inputs (VCMFB), and thus reduces the 

effective CM gain of these amplifiers and boosts the CMRR 

between electrode pairs (see Section II.C). 

B. Front-End Active Electrode 

The front-end active electrode consists of an AC-coupled 

chopper amplifier, an input-impedance boosting loop, and two 

offset trimming loops. The chopper amplifier’s (Fig. 3) 

midband gain depends on the ratio of the feedback capacitors 

C1/C2 [15]. Variable gains (3, 10, 50 and 100) can be realized by 

switching between different values of C2. The back-to-back 

connected pseudo-resistor R2 [26] and capacitor C2 determine 

the high-pass corner of the active electrode. The AC coupling 

capacitor C1 rejects the electrode offset voltage, thus avoiding 

amplifier saturation. 

The detailed operations of the core amplifier, the offset 

trimming loops (RRL and DSL), and the impedance boosting 

loop are discussed in section B. 1), B. 2), and B. 3) respectively. 

 

1) Core Amplifier 

 

The core amplifier (Fig. 4) is designed for low noise, low 

offset and large output voltage swing. To achieve these, it 

consists of a low noise chopper folded-cascode amplifier, 

similar to the one described in [27], and two additional pairs of 

auxiliary current DACs (CA1-CA4) for offset trimming. 

 The folded-cascode topology provides a good balance 

between output voltage swing and power consumption [28]. 

Having a large output voltage swing makes the amplifier robust 

to (large) input motion artifacts and interference.  

Chopper modulation is applied to reduce the 1/f noise of the 

core amplifier. The input modulator is placed before the input 

transistors M1 and M2, up-modulating the amplifier’s input 

signals without affecting its input offset Voff. The output 

modulation is performed at the low impedance nodes before the 

dominant pole (at Vout), such that the bandwidth of the amplifier 

does not limit the chopping frequency [27].  
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Fig. 4.  Chopper amplifier with current DACs. 

 

The auxiliary DACs are used to compensate for the 

non-idealities of the chopper amplifier. The first pair of current 

DACs (CA1 and CA2) trims the amplifier’s offset Voff by 

providing compensation currents (Ic1-Ic2) to the auxiliary inputs 

of the core amplifier. Therefore, the output ripple due to the 

up-modulated Voff is reduced. Another pair of current DACs 

(CA3 and CA4) trims the residual offset Vos associated with 

non-idealities of the input chopper by providing modulated 

compensation currents (Ic3-Ic4). Therefore, the output residual 

offset of the amplifier is reduced as well. The detailed operation 

of the output ripple and residual offset compensation will be 

discussed in section B. 2). 

The current DAC (Fig. 4) consists of an array of cascode 

current mirrors, whose output current (Ic1) is controlled by 7-bit 

binary inputs (CT1.1 - CT1.7). This output current is proportional 

to the reference current source Iref, which can be adjusted by an 

external resistor. Therefore, the full-scale output current of the 

first pair of DAC can be flexibly adjusted to compensate for a 

wide range of input offset voltages. However, due to the finite 

resolution of the current DACs, there will be some residual 

offset error, which is given by: 
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2,1

,
8 m

ref

erroroff
g

I
V =  , 

2,1

2

,
8 m

ref

erroros
g

I
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Where refI and 2refI are the reference current of CA1 (CA2) 

and CA3 (CA4), respectively, gm1,2 is the transconductance of the 

input transistor M1 and M2. 

  

2) Digitally-Assisted Offset Trimming 

 

Two challenges associated with chopper amplifiers are how 

to reduce their output ripple and residual offset [29] (Fig. 5). 

The output ripple is due to the amplifier’s up-modulated offset 

voltage Voff, and resembles a low-pass filtered square wave. 

Compared to the µV level biopotential signals, the ripple can be 

quite large and will, therefore, limit the amplifier’s output 

headroom. As shown in (6), a 5 mV input offset Voff of the core 

amplifier can cause approximately 500 mV output ripple, at the 

maximum closed-loop gain of 100 (C1/C2=100). Hence, the 

amplifier in [29] employs a ripple reduction loop to sense and 

compensate output ripple. However, it operates continuously 

and thus increases the amplifier’s power consumption.  

 

1
P

c i

R
f C

=

 
Fig. 5.  Chopper-associated output ripple and residual offset.  
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The residual output offset Voff,out (Fig. 5) is caused by the 

spikes of the input chopper [30], which in return are due to the 

charge injection mismatch of the switches. The spikes are 

demodulated by the output chopper and the result is a residual 

output offset. This can be expressed as in (7), where Ios is the 

offset current that flows through the pseudo-resistor R2, Ci is the 

input capacitance of the amplifier, Rp is the parasitic 

switched-capacitor resistor formed by input chopper and Ci. The 

residual offset can be compensated by a DC servo loop with 

Gm-C filter [21]. However, this requires a large off-chip 

capacitor (>10 µF) to realize a sufficiently low cutoff frequency. 

 

2
, 2 2

OS
off out OS c i OS

P

V R
V I R f C R V

R
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In the proposed active electrode, both the ripple and the offset 

are suppressed by digitally-assisted foreground calibration 

loops: a ripple reduction loop (RRL) and a DC servo loop 

(DSL). It should be noted that the biopotential input signal is not 

present during the calibration. 

 
 

Fig. 6.  Block diagrams of the RRL and the DSL. 

 

The calibration starts with the RRL: the peak ripple levels Va 

and Vb are synchronously sampled (Fig. 6), and the polarity 

CMP1 is determined by a comparator. A fully integrated 

successive approximation algorithm (SAR) generates a pair of 

7-bit binary outputs (CT1 and CT2) to control a pair of 7-bit 

current DACs (CA1 and CA2 in Fig. 4) respectively. The outputs 

of the SAR have inverse polarity, so that either a segment from 

the left DAC (CA1) or from the right DAC (CA2) is switched on 

after each comparison. Therefore, The DACs generate 

compensation currents (Ic1 and Ic2) to minimize the output ripple 

in seven clock cycles. The timing of the RRL’s operation is 

illustrated in Fig. 7. 

The DSL starts after the RRL and operates in a similar 

manner (Fig. 6): the output DC voltage Vout is sampled and 

compared to a reference voltage Vref. The comparator output 

CMP2 is sent to the SAR, whose outputs control another pair of 

current DACs (CA3 and CA4 in Fig. 4). Their outputs are 

chopper modulated in order to generate a modulated 

compensation current to reduce any output residual offset. The 

timing of the DSL’s operation is illustrated in Fig. 8. 
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Fig. 8. Timing waveform of the DSL 

 

Once both the RRL and the DSL are finished, the inputs to the 

current DACs are frozen, the trimming loops are shut-down and 

normal mode of biopotential signal amplification starts. Both 

calibration loops can be reset when necessary, in case there is 

any drift of the ripple and the offset. 

The power dissipation of the RRL and the DSL is mainly 

determined by the DAC currents, and is less than 400nW in 

total. 

 

3) Input-Impedance Boosting Loop 
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Fig. 9.  Input-impedance boosting via partial positive feedback.  

 

Without the input-impedance boosting loop (Fig. 9), the input 

impedance of the amplifier is dominated by C1. This is shown in 

(8), where Cp is the total parasitic capacitance at the input of the 

front-end amplifier, e.g. due to bond-pad and wiring parasitic 

capacitances and Rs is the contact impedance of the 

skin-electrode interface.  

 

1 1

1 1

( )
in S

p

Z R
s C C sC

= + ≈
+

 (8) 

 

In case C1 is selected to be 300 pF for low-noise operation 

(see section B. 4)), the input impedance is limited to 

approximately 10 MΩ at 50 Hz. This can degrade the CMRR 

[33] and increase the effect of mains interference on the system. 

In order to maximize the input impedance of the active electrode 

front-end, a partial positive feedback loop (Fig. 9) is 

implemented to boost the amplifier’s input impedance [21]. 

This consists of an AC-coupled inverting amplifier and a 

capacitor array Cfb, which includes Cfb_coarse and Cfb_fine in 

parallel. The output AC signal of the core amplifier is inverted 

and amplified with a gain of C3/C4. Via Cfb, this loop 

continuously supplies current Ifb, which is a portion of the total 

input current Iin. Therefore, the current drawn from the 

recording electrode, Iel, is reduced.  

The input impedance of the active electrode, after employing 

the impedance loop, can be expressed as shown in (9). 

Compared to (8), the equivalent input impedance has been 

increased by a factor of β, as shown in (10). 
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Where β is the effective impedance boosting factor, Zin is the 

input impedance without impedance boosting, and Z’in is the 

input impedance with impedance boosting. Ideally, the input 

impedance of the amplifier can be boosted to infinitely 

(β→infinite and Iel = 0). 

However, this is the threshold condition for stability. Making 

Cfb too large will result in β < 0, which translates into negative 

input impedance and an unstable feedback loop, since a portion 

of the feedback current Ifb then flows out into the electrode (Iel < 

0). Therefore, the maximum value of Cfb must be limited as in 

(11) to maintain β > 0: 

 

1

,max

p

fb

V

C C
C

A

+
=  (11) 

 

An additional attention point associated with (10) and (11), is 

the variation of C1 and parasitic capacitances Cp. Both can 

reduce the effective input impedance boosting factor β, and may 

lead to potential instability (β < 0). Therefore, Cfb is 

implemented as the combination of a coarse and fine capacitor 

array, in order to be able to trim the amount of positive feedback 

to compensate the affect of these process variation and parasitic 

capacitance. At variable gain settings, the coarse array Cfb_coarse 

is switched in tandem with the value of C2. The fine array Cfb_fine 

can then be adjusted to further compensate for the current that 

flows into C1 and Cp, thus ensuring that β is high enough to 

guarantee stability. The selected Cfb_fine array (25 pF) can 

compensate 20% variation of C1 (at lowest gain AV=3), plus a 

large Cp up to 15 pF. 

 

4) Noise Analysis of the Front-End Active Electrode 

 

Using the equivalent circuit in Fig. 10, the total input referred 

noise PSD of the front-end active electrode (FEAE) can be 

calculated as (12).  
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Fig. 10.  Equivalent circuit for calculating the input referred noise of the 

front-end active electrode. 

Where 
2

,FEAEinV is the total input referred noise of the 

front-end active electrode, 
2

1,OTAinV  is the input referred noise 

of the core chopper amplifier A1, 
2

,cmfbinV is the noise from the 

back-end CMFB amplifier, 
2

2,RnV is the noise contribution of 

the pseudo-resistor R2,  
2

,refinV is the noise of the reference 

voltage, which bias the inverting amplifier in the impedance 

boosting loop, 
2

,RRLinV and 
2

,DSLinV are the noise contribution 

from the RRL and the DSL, DACmg , is the effective 

transconductance of the current DAC, 1mg is the 

transconductance of the input pair of the core amplifier A1, 

respectively. 

The noise contribution of the impedance boosting loop 

(
2

, 2in OTAV  and 
2

,in refV ) is negligible as long as 1/sCfb is much 

larger than Rs. The noise generated from pseudo-resistor R2 is 

also very small as 1 2sC R  is much larger than 1. The noise from 

the RRL and the DSL is not dominant either, because gm1 of the 

core amplifier input pair is much larger than gm,DAC. The noise 

from the CMFB input is common-mode noise in a multi-channel 

active electrode system. Hence, the total input referred noise of 

single active electrode can be approximated as:  
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 This is approximately equal to the thermal noise PSD of the 

core chopper amplifier, multiplied by a noise shaping factor, 

which is due to the parasitic switched-capacitor resistor and 

exhibits a 1/f
2
 frequency characteristic [21].  

Several design considerations should be taken into account to 

minimize the noise shaping factor in (13). A large coupling 

capacitor C1 should be used as long as the input impedance still 

meets the design specifications. The chopping frequency fc 

should be selected very close to the 1/f corner of the core 

amplifier, so that a minimal fc of 500 Hz is selected without 

compromising the noise floor of the chopper amplifier 

significantly. Moreover, the input parasitic capacitor Ci (Fig. 

10) can be reduced by careful layout. 

C. Back-end CMFB amplifier 

The back-end CMFB circuit can improve the CMRR of the 

active electrode system. Fig. 11 shows the equivalent circuit of a 

simplified two-active electrode system and demonstrates the 

CMRR improvement. Without the back-end CMFB (Fig. 

11(a)), both CM inputs are referred to ground. Therefore, the 

differential output Vout is proportional to the gain mismatch 

(∆AV) of the active electrodes, and the CMRR without the 

back-end CMFB is shown in (14).  

 










∆
=

V

V

A

A
CMRR log20  (14) 

 

 

 
 
Fig. 11.  The equivalent circuit of the proposed active electrode system, (a) 

without and (b) with back-end CMFB. 

 

With the back-end CMFB (Fig. 11(b)), however, the positive 

inputs of the core amplifiers are connected to the output of the 

back-end CMFB. Therefore, the CM inputs are referred to the 

output voltage of the back-end summing amplifier, which is 

approximately equal to the CM input of all channels. Thanks to 

the back-end CMFB, which reduces the CM gain, the residual 

CM outputs Vout1 and Vout2, as well as the differential output 

Vout. The improved CMRR’ by using back-end CMFB is shown 

in (15), where it has been improved approximately by a factor of 

20*log (AV) compared to (14), where AV is the close-loop 

voltage gain of the active electrode, and AV,CMFB is the CM gain 

of the capacitive summing amplifier. 
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The CMRR improvement is mainly limited by the voltage 

gain AV of the front-end amplifier and the voltage gain AV,CMFB 

of the summing amplifier, as shown in (15). Therefore, in order 

to achieve a maximum CMRR improvement, both high AV of 

100 and AV,CMFB of 16 are implemented. 

 

 

 
Fig. 12.  Block diagram of back-end CMFB circuit. 

 

The back-end CMFB circuit (Fig. 12) consists of a capacitive 

summing amplifier to provide common-mode (CM) gain 

AV,CMFB = 8*(C5/C6), and eight unit-gain Gm-C low-pass filters 

to reject high-frequency interference. This summing amplifier 

only feeds the average CM voltage of all 8 active electrodes 

back to each of the active electrodes, while rejecting any 

differential-mode (DM) signals.  

Any two active electrodes can be used to form a bipolar 

channel (Fig. 3). Although the common-mode signal (Vcmfb) still 

present at output of each electrode, actual EEG signals are 

always measured differentially between electrodes. As a result, 

the common-mode signal is removed as shown below: 

 

( ) ( )
( ) Vinin

VcmfbinVcmfbin

outout
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81
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 (16) 

 

Therefore, the back-end circuit can provide a 

continuous-time CMFB signal without disturbing the 

differential EEG signals recording between any two active 
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electrodes. 

The capacitive summing amplifier blocks the residual output 

offsets of the active electrodes, thus avoids amplifier saturation. 

Via pseudo-resistor R6, the reference voltage Vref provides the 

same bias voltage to all active electrodes.  
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E6  
Fig. 13.  Block diagrams of the DRL and the back-end CMFB 

 

Without any CMRR compensation (Fig. 13), the CMRR of an 

active electrode pair is limited by both contact impedance 

mismatch (∆Rd) and amplifier component mismatch (∆AV), this 

is shown in (17). 
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Compared to the well known Driven-Right-Leg (DRL) circuit 

[31] (Fig. 13), the proposed back-end CMFB circuit feeds the 

CM signal back to the amplifier, instead of the patient. 

Therefore, the back-end CMFB circuit improves the CMRR 

limited by amplifier component mismatch (∆AV). Even if this is 

very good, the maximum CMRR, that the back-end CMFB 

circuit can achieve, will ultimately be limited by contact 

impedance mismatch (∆Rd), as shown in (18).  
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 On the other hand, the DRL circuit feeds the CM signal back 

to the patient through an additional DRL electrode (E3), which 

improves CMRR due to both components mismatch (∆AV) and 

contact impedance mismatch (∆Rd). As a result, the maximum 

CMRR with a DRL circuit is theoretically infinite.  

However, due to the variability of the electrode impedances 

Rd,DSL (kΩ-MΩ) and the stray capacitance, the DRL circuit must 

be carefully designed to ensure it is always stable [31], which 

requires large feedback capacitor Cf (10nF) for stability 

compensation [32]. This will be more difficult with dry 

electrodes, since the electrode impedance is even more variable. 

In contrast, the variation of electrode impedance (Rd,CMFB) does 

not affect the stability of the back-end CMFB circuit, as the 

third electrode (E6) biases the patient to the circuit ground.  

III. MEASUREMENT RESULTS AND DISCUSSIONS 

A. Measurement of Performance 

The chip has been implemented in a 0.18 µm standard CMOS 

process and occupies less than 6.5 mm
2
 (Fig. 14). Each 

fabricated die contains one front-end active electrode and one 

back-end circuit. Therefore, 9 chips are sufficient to realize an 

8-channel EEG monitoring system with a single separate chip 

operating as back-end CMFB. The 8-channel system, including 

both front-end and back-end circuits, consumes in total 160µW 

from 1.8V, additional power is required for clock generation.  

 

 
Fig. 14.  Chip photograph. 

 

G=100

G=50

G10

G=3

 
Fig. 15.  Measured various gain of active electrode. 
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Without Chopping

With Chopping

 
Fig. 16.  Measured input referred noise of one active electrode. 

Coarse Cfb

Fine Cfb

Without Impedance Boosting

 
Fig. 17.  Measured input impedance of active electrode. 

With Back‐End CMFB

Without Back‐End CMFB

 
Fig. 18.  Measured CMRR between electrode pair. 

Without RRL and DSL

With RRL and DSL

 
Fig. 19.  Measured output ripple and residual offset. 

 

  

Fig. 15 shows the measured voltage gain from the front-end 

active electrode, demonstrating the programmable gain from 3 

to 100. Fig. 16 shows the input referred noise with and without 

chopping. Chopping at 500 Hz leads to a total input referred 

noise voltage of 0.8 µVrms (0.5-100 Hz) compared to 1.5 

µVrms without chopping. Fig. 17 shows the input impedance 

without  impedance boosting: 400 MΩ at 1Hz, and the increased 

input impedance achieved by enabling the impedance boosting 

loop: 2 GΩ at 1 Hz. Fig. 18 shows the CMRR of a pair of active 

electrodes, which are configured with a voltage gain of 100. An 

82 dB CMRR has been measured around 50 Hz by employing 

the proposed back-end CMFB circuit, which improves the 

CMRR, by more than 30 dB. Fig. 19 shows the output 

waveforms before and after ripple and residual offset trimming, 

when the active electrode is configured with a maximum voltage 

gain of 100. The output ripple has been reduced to less than 2 

mV compared to the initial 40 mV. The DC servo-loop also 

successfully reduces the output offset from 280 mV to 20 mV.  

 
TABLE I 

COMPARISON TABLE OF THE PROPOSED ACTIVE ELECTRODE WITH THE 

STATE-OF-THE-ART ASICS FOR BIOPOTENTIAL SIGNALS ACQUISITION 

Parameters [19] [23] [17] [22] This work

Supply 1.8V 3V 1V 1V 1.8V

Voltage gain 100 10 190-1000 100 3-100

Input 

impedance

>7.5MΩ >100MΩ -- >700MΩ >2GΩ

Input referred 

noise

0.95µVrms

(0.05-100 

Hz)

0.6µVrms

(0.5-100 

Hz)

2.5µVrms

(0.05-460 

Hz)

1.3µVrms

(0.5-

100Hz)

0.8µVrms

(0.5-100 

Hz)

Electrode 

offset 

rejection

50mV 50mV Rail-to-

rail

Rail-to-

rail

Rail-to-

rail

CMRR 100dB 120dB 71dB 60dB 82dB

Current 1.1µA 11.1µA 337nA 3.5µA 11µA

NEF 4.6 9.2 3.26 -- 12.3

Dry electrode

applications

No No No No Yes

 
 

Table I summarizes the circuit performance and compares it 

with state-of-the-art implementations. Compared to these, the 

proposed amplifier achieves the highest input impedance, 

comparable input referred noise, and a good balance between 

electrode offset rejection and CMRR. Furthermore, the other 

implementations are implemented with differential amplifiers, 

while it is preferable to use a single-ended amplifier as an active 

electrode. The problem of achieving high CMRR between 

single-ended amplifiers is their gain mismatch. This problem is 

essentially solved by the use of a back-end CMFB circuit. These 

features make the proposed system well suitable for gel-free 

active electrode recording. 

 
 

B. Suppression of Cable Motion Artifacts and Interference 
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Fig. 20.  Cable motion artifacts reduction test by introducing cable vibration. 

 

This section discusses the benefits of active electrode readout 

compared to passive electrode readout, in terms of cable motion 

artifacts and interference. Fig. 20 shows the test setup to 

compare active electrode readout and passive electrode readout 

in terms of their robustness to cable motion artifacts. Two 1 MΩ 

resistors are placed at input to mimic the contact impedance of a 

gel-free electrode. A low-noise, high input- impedance and high 

CMRR instrumentation amplifier AD623 [34], configured with 

a voltage gain of 100, is used as a conventional biopotential 

amplifier for comparison purposes. The cables connected to 

AD623 are attached to a vibration device that vibrates 

constantly at 10 Hz. Fig. 21 shows the measured input referred 

spectrum. A significant reduction of 10 Hz cable motion 

artifacts is observed for the active electrode readout circuit due 

to its relatively low output impedance. 

Without FEAE

With FEAE

 
Fig. 21.  The comparison of measured cable motion artifacts.  

 

 

 

 

 

 
 

Fig. 22.  Interference reduction test by introducing 50 Hz interference source. 

 

Fig. 22 shows the test setup comparing the input referred 50 

Hz interference picked up via the cable, again with and without 

active electrode. The cables are placed on top of two power 

plugs, which generate almost constant 50 Hz power line 

interference. A pair of variable resistor RS are placed in series 

with voltage source to mimic the skin-electrode impedance. Fig. 

23 shows the measured input referred 50 Hz interference of the 

two systems versus source impedance RS. The input referred 50 

Hz component is low and almost constant for the active 

electrode readout circuit, while it increases linearly until RS = 1 

MΩ for the passive electrode readout circuit. The advantage of 

the active electrode readout circuit is more appreciated when 

RS>10 kΩ, which is the typical range of the contact impedance 

of a gel-free electrode [6]. 

 

 
 

Fig. 23.  The comparison of measured 50 Hz interference. 
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C. EEG Measurements 

 

 
 

Fig. 24.  The EEG measurement setup. 

 

Fig. 24 shows the test setup for EEG measurement. For 

simplicity, EEG signals are measured between two pairs of 

electrodes, which are placed in positions of O1 and Cz. A first 

pair is connected to two active electrode test boards through 

short wires. The outputs of these boards are connected to the 

computer through a commercial biopotential recording system 

(g.USBamp from g-tec) [35]. For comparison, another pair of 

electrodes is placed very close to the first pair. The outputs of 

these electrodes are directly connected to the g.USBamp system. 

In this way, EEG signals can be measured and compared 

synchronously between the active electrode system and an 

existing commercial passive electrode system. 

In the first measurement, both systems use wet electrodes. 

Fig. 25 shows the spectrogram of the measured EEG signal 

during eyes open and eyes closed. Alpha waves at 10 Hz during 

the eyes closed period are clearly visible. Moreover, in Fig. 26, 

the spectrum correlation coefficient (ρ) between wet active 

electrode system and wet passive electrode system is higher than 

0.99, indicating a very comparable performance between these 

two types of wet electrode systems. 

 

Eyes open Eyes closed

Eyes open Eyes closed

(Wet electrode)

(Wet electrode)

 
Fig. 25.  EEG spectrogram with active electrodes (upper trace, wet electrodes) 

and without active electrodes (bottom trace, wet electrodes) 

 

Eyes closed
Eyes open

Eyes closed
Eyes open

Eyes closed
Eyes open

 
Fig. 26.  EEG normalized spectrum with and without active electrode (both 

with wet electrode). Eyes open (blue curve) and eyes closed (red curve). 

 

In the second measurement, wet electrodes are replaced with 

dry electrodes, which are embedded on an IMEC-developed 

EEG headset [39]. The g.USBamp system still uses wet 

electrodes in the same position. Fig. 27 shows the spectrogram 

of the measured EEG signal during eyes open and eyes closed. 

Alpha waves at 10 Hz during the eyes closed period are still 

clearly visible for the both systems. Moreover, in Fig. 28, the 

spectrum correlation coefficient (ρ) between the dry active 

electrode system and the wet passive electrode system is higher 

than 0.93, which shows that the active electrode system, even 

with gel-free contact, can still achieve comparable performance 

to the g.USBamp wet electrode system. This correlation 

coefficient is also high in comparison to other work on dry 

electrode sensing, such as [36]: ρ > 0.9, [37]: ρ = 0.8 – 0.96 and 

[38]: ρ = 0.83. 

 
 

Eyes open Eyes closed

Eyes open Eyes closed

(Dry electrode)

(Wet electrode)

 
Fig. 27.  EEG spectrogram with active electrodes (upper trace, dry electrode 

headset) and without active electrodes (bottom trace, wet electrode) 
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Eyes closed
Eyes open

Eyes closed
Eyes open

Eyes closed
Eyes open

 
Fig. 28.  EEG normalized spectrum with active electrode (dry electrode 

headset) and without active electrode (wet electrode). Eyes open (blue curve) 

and eyes closed (red curve). 

IV. CONCLUSION 

The development of portable ambulatory biopotential 

monitoring systems for miniaturized and personalized 

non-clinical applications requires both user-friendly gel-free 

electrodes and low-power high-performance readout circuits. 

However, state-of-the-art circuit implementations are not well 

suited for the low-power gel-free EEG recordings. 

Therefore, this paper, for the first time, has presented a 

low-power active electrode ASIC system for EEG monitoring 

applications using gel-free electrodes.  

The proposed system includes eight front-end amplifiers as 

active electrodes and one extra back-end CMFB amplifier for 

CMRR improvement. The AC-coupled chopper amplifier, 

combined with input-impedance boosting, ripple and offset 

trimming, and CMRR enhancement, achieves state-of-the-art 

performance of 0.8 µVrms (0.5-100 Hz) input referred noise, 2 

GΩ input impedance, 40mV residual output offset, 2mV output 

ripple, as well as 82dB CMRR between each electrode pair. 

The benefits of the active electrode readout over the 

traditional passive electrode readout, in terms of reduced cable 

motion artifacts and mains interference, are also demonstrated. 

Biological EEG measurement shows that the proposed active 

electrode system can measure typical EEG features, such as 

alpha waves, with both wet and dry electrodes. Moreover, in 

comparison to an existing commercial wet electrode system, 

both wet and dry active electrode systems show very highly 

correlated EEG recording results. 
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