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Abstract 

The fabrication and characterization of a combined pOz, pCOl and pH chemical sensor, designed for blood-gas 
monitoring, are discussed. Classical electrochemical principles are used in a miniaturized planar-type structure. 
Both amperometric (PO,) and potentiometric devices (pCOr, pH) are integrated on a 10 mm x 10 mm chip. The 
transducer part of the chip is realized using standard silicon technology. Polyacrylamide and polysiloxane layers, 
which are used as hydrogel and gas-permeable membrane, respectively, are deposited and patterned by pho- 
topolymerization. Thus the whole sensor is fabricated on wafer level using IC-compatrble processes. The 
characterization has been performed in aqueous solutions and in blood used for transfusion. For this purpose, 
the chip is mounted into a flow-through ceil. The sensors have a typical sensitivity of 5 mWmmHg (~0~). 50 
mV/decade (pCOz) and 55 mV/pH (pH). 

1. Introduction 

pH and blood-gas measurements are an indispensable 
tool in every intensive-care unit. For patients who are 
in an acute phase of respiratory failure or who are 
supported with mechanical ventilation, multiple blood- 
gas analyses at short intervals (15-30 min) are required. 
Continuous and invasive measurements of blood gases 
and of pH provide the best possible monitoring, but 
suffer from the following disadvantages: 

(a) they are potentially hazardous to the patient; 
(b) there are stringent requirements for the sensor 

blood compatibility; 
(c) in vivo calibration is difficult; 
(d) extreme miniaturization is required; 
(e) there is a packaging problem. 
Different kinds of catheter-based, intravascular sen- 

sors for in vivo measurements have been presented in 
recent years, using fibre-optic [l] or silicon technology 
[2]. But today, non-continuous monitoring is still the 
clinical standard, using intermittent arterial puncture 
and in vitro analysis with a blood-gas analyser. This is 
in many cases an adequate method, but there is a need 
for reducing the time between withdrawal of the blood 
sample and the measurement. 

Our approach is the development of a small bedside 
instrument for in vitro analysis incorporating a sensor 
(Fig. 1) and a flow-through system. This offers easy 
calibration and self-cleaning, which is necessary to face 

Fig. 1. Photograph of the integrated blood-gas sensor. 

the rigorous requirements for the accuracy of the in- 
strument. 

2. Sensor design 

2.1. Onygen sensor 
The pOZ sensor is a miniaturized amperometric Clark- 

type sensor with three thin-film electrodes. The working 
(WE) and counter electrode (CE) material is platinum 
and the reference electrode (RE) is an Ag layer covered 
with AgCI. The thin-film electrodes are arranged in a 
concentric configuration, with the RE in the centre 
(0.125 mm’), the CE around it (1 mm’) and the WE 
as the outer ring (0.5 mm’). A polyacrylamide hydrogel 
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po;sensor 3. Fabrication steps 

pCO;sensor 

Fig. 2. Cross section of the pOz, pCOz and pH sensors. 

layer containing 100 mM KC1 covers the electrodes 
and serves as the internal electrolyte. The hydrogel is 
separated from the sample by an outer gas-permeable 
polysiloxane membrane (Fig. 2). 

In operation, the WE is held at -700 mV versus 
the RE to perform the 0, reduction at the WE: 

0,+2H,O+4e- - 40H 

2.2. Carbon dioxide sensor 
The pC0, sensor is of the Severinghaus type using 

an A&O,-ISFET and a thin-film Ag/AgCl reference 
electrode (RE). Both the ISFETand the RE are covered 
by a polyactylamide hydrogel layer containing a 50 mM 
bicarbonate solution. The hydrogel is separated from 
the sample by a polysiloxane membrane (Fig. 2). CO, 
diffuses through the membrane into the hydrogel, and 
the resulting pH variation of the bicarbonate solution 
is detected by the ISFET. The pH change of the internal 
electrolyte arises from the hydration of CO, and the 
dissociation equilibrium of carbonic acid: 

CO,+H,O Q== H,C03 G H’ +HC03- 

2.3. pH sensor 
The pH of the sample is measured by an Alz03- 

ISFET with a thin&n AglAgCl reference electrode 
(RE). The gate of the ISFET is in direct contact with 
the sample, while the RE is covered by a hydrogel 
layer containing a 100 mM KU solution. The hydrogel 
is separated from the sample by an outer polysiloxane 
membrane. A small opening in this membrane serves 
as a liquid junction (Fig. 2). 

The fabrication of the chip combines four different 
processing sequences (Fig. 3): 

(i) In the first sequence the ISFETs are fabricated. 
(ii) The metal electrodes are deposited by electron- 

beam evaporation and patterned by the lit-off method. 
The partial chloridation of the reference electrodes is 
performed in FeCl, solution. 

(iii) Then the hydrogels are deposited as prepolymers 
on wafer level and patterned by photopolymerization. 

(iv) In the last sequence, the gas-permeable mem- 
branes are patterned in the same way as the hydrogels. 

3.1. Pobmerk membrane &position and patterning 
We have developed a method for on-wafer deposition 

and photolithographic patterning of polymeric layers 
that are commonly used as organic membranes for 
chemical sensors [3]. With this technique the whole 
sensor is processed on wafer level, which significantly 
simplifies the fabrication. The deposition of the hydrogel 
and of the gas-permeable membrane (sequences (iii) 
and (iv) of Fig. 3) is performed as follows. 

In order to improve the adhesion of the polyacryl- 
amide and the polysiloxane, the surface of the wafer 
is functionalixed using a toluene solution containing 
10% (trlmethoxysilyl)propyl methacrylate (Aldrich) and 
0.5% water [4]. After this silanixation, performed at 
60 “C, the wafer is rinsed and dried under a Nz stream. 
This is done prior to sequences (iii) and (iv). 

Then, depending on the desired thickness of the 
hydrogel (50-100 km), corresponding volumes of the 
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Fig. 3. Simplified fabrication process. 
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acrylamide monomer solution are cast on the wafer. 
This solution contains 3&50 wt.% acrylamide (Merck) 
and 1.5-10 wt.% N,N’-methylene-diactylamide (Merck) 
as crosslinking agent in a H,O/glycerine solution (volume 
ratio between l/l and l/3) [5]. Riboflavin-5’.phosphate 
(0.05-0.2 mg/ml) (Merck) is used as photoinitiator and 
N,N,N’,N’-tetramethyl-ethylenediamine (0.5-2 @nl) 
(Fluka) as catalyst. After casting the monomer solution, 
the wafer is covered with a Mylar sheet to avoid Oz 
quenching of the photopolymerization reaction. The 
wafer is then exposed to UV light through a photomask. 
After the polymerization, the unexposed parts are re- 
moved with water. 

In sequence (iv) the gas-permeable membrane is 
deposited using the same method as for the polyac- 
rylamide. The monomer solution for the polysiloxane 
membrane contains 97% of dimethyl siloxane and 3% 
of (methacryloxypropyl)methyl siloxane crosslinker (Pe- 
trarch) with 0.5 wt.% of 2,2-dimethoxy-2.phenyl-ace- 
tophenone (Aldrich) as photoinitiator [6]. 

The membrane is deposited partly onto the hydrogel 
and partly on the sensor surface. Therefore good adhe- 
sion of the gas-permeable membrane to the substrate 
and to the hydrogel is essential for the stability and 
long lifetime of the device. The adhesion to the sensor 
surface is ensured by the silanization, which has been 
done prior to the polyacrylamide deposition. The adhe- 
sion of the membrane to the hydrogel is provided by 
the binding of the methactyloxypropyl groups of the 
polysiloxane crosslinker to the acrylamide groups. The 
strength of this covalent anchoring depends on several 
parameters: the polymerization grade of the hydrogel 
before deposition of the membrane; the polymerization 
rate of both membrane and hydrogel; and the acrylamide 
content in the hydrogel. 

By adjusting these parameters, we have obtained an 
excellent interface between the hydrogel and the gas- 
permeable membrane. 

4. Methods 

A detailed characterization concerning the sensitivity, 
response time, stability, lifetime, temperature depen- 
dence and the mutual interference of the three sensors 
has been performed in aqueous solution. 

In the second step, the sensor has been tested in 
vitro using blood originally intended for transfusion, 
obtained from the H6pital des Cadolles in Neuchltel. 
The plasma is replaced by an anticoagulant solution 
(citrate phosphate dextrose CPD), which is a common 
method for collecting blood for transfusion. This pro- 
cedure reduces the calcium ion concentration, thus 
inhibiting blood clotting and haemolysis. 

For the measurements in aqueous solution, the sam- 
ples are equilibrated with O,/CO,nU, gas mixtures and 
then measured in a flow-through cell. The blood samples 
(8 ml) are equilibrated for 30 min with humidified O,/ 
CO& gas mixtures using an IL 237 tonometer from 
Instrumentation Laboratories. Between the blood mea- 
surements, the flow-through system is rinsed with a 
100 mM KC1 solution equilibrated with Nz, 

5. Results 

Figure 4 shows the calibration curve of the p0, sensor 
in a solution containing 50 mM NaHCO,, 50 mM 
NazC03 and 1 mM KCl saturated with OJ$ gas 
mixtures. The sensor exhibits a sensitivity of 5 nA/ 
mmHg for O-150 mmHg 0, partial pressures and a 
95% response time (Tg5) of 1 min with a sample flow 
velocity of 5 ml/min. The sensor can be operated 
continuously for more than two weeks with a stability 
of *2%. The temperature coefficient is l%/“C. When 
the flow rate is doubled, the current increases by 2-3%. 
The CO, effect on the 0, response is 4-5% when the 
CO, partial pressure is doubled. 

Figure 5 is the calibration curve of the p0, sensor 
in blood for transfusion at 37 “C and at a sample flow 
of 0.4 ml/min. The sensitivity is 6 mVmmHg for O-200 
mmHg 0, partial pressures and Tg5 is about 10 min. 
The slight non-linearity and the slow TV5 are probably 
due to the gas permeability of the tubings and of the 
flow-through cell itself, which decreases the 0, partial 
pressure at the sensor surface, especially at a low sample 
velocity. It should be noted that between the blood 
samples, the flow-through system is rinsed using a 
solution equilibrated with N2 

Figure 6 shows the calibration curve of the pC0, 
sensor in a 100 mM KC1 solution saturated with CO,/ 
N, gas mixtures. These measurements are performed 
in an unstirred solution. The sensitivity is -49 mV/ 

” 0 20 40 60 I30 100 120 140 
OS partial praasun [mmHg] 

Fig. 4. ~02 sensitivity in a solution containing SO mM NaHCO,, 
50 mM Na,COs and 1 mM KC1 saturated with different 02M2 
gas mixtures, sample flow: 5 ml/min, room temperature. 
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Fig. 5. pOz sensitivity in blood for transfusion at 37 “C saturated 
with different 0,/N* gas mixtures, sample flow: 0.4 mumin. 
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Fig. 6. pCOs sensitivity in a 100 mM KC1 solution saturated with 
different C02/N2 gas mixtures; room temperature. 
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Fig. 7. pCOl sensitivity in blood for transfusion at 37 ‘C saturated 
with different C02/N, gas mixtures, sample flow: 0.4 ml/min. 

decade for CO, partial pressures between 0 and 150 
mmHg and T, is 2 min. The sensor is stable for more 
than two weeks under continuous operation with a drift 
of about l-2 mV/day. The temperature coefficient is 
+0.7 mV/“C. The output of the sensor is not affected 
by pot and pH changes of the sample. 

Figure 7 is the calibration curve of the pC0, sensor 
in blood for transfusion at 37 “C and at a sample flow 
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Fig. 8. pH sensitivity in different phosphate pH buffers containing 
100 mM KCI, sample flow: 1 mlhin, room temperature. 

of 0.4 ml/mm The sensitivity is - 52 mV/dec for 4-150 
mmHg CO2 partial pressures and Tg5 is about 5 min. 
The slight non-linearity above 100 mmHg and below 
5 mmHg and the slow T,, have the same origin as 
mentioned in the case of the p0, sensor. 

For the pH sensor in aqueous solution a sensitivity 
of 53 mV/pH is found in the clinically important range 
(Fig. 8). The sensitivity is linear for pH 1-13. The drift 
is l-2 mV/day and Tg5 a few seconds. The temperature 
coefficient is +0.8 mV/“C. There is no interference of 
either pOz or pC0, on the pH response. 

It should be noted that in KCl-free solution, the drift 
of the reference electrode due to the KCl loss through 
the liquid junction is about 0.1 mV/min. 

Intermittent flow-through measurements using two 
phosphate buffers at pH 7.0 and 7.4 with a KC1 con- 
centration of 100 mM and blood for transfusion give 
very reproducible results with a standard deviation of 
0.2 mV. 

The characterization of the three sensors concerning 
sensitivity, response time and drift in aqueous solutions 
and in transfusion blood has shown promising results. 
The next step of the project will consist of clinical tests 
with whole blood. 

Acknowledgements 

The authors would like to thank the Committee for 
the Promotion of Applied Scientific Research, Switz- 
erland, and Hamilton Bonaduz AG, Switzerland, for 
financial and scientific support. We are grateful to Dr 
M. Koudelka-Hep for her significant scientific contri- 
butions to this work. We would like to thank S. Jeanneret 
for his technical assistance. Special thanks to Dr J. C. 
Chevrolet from the Hopital Cantonal Universitaire de 
Geneve and to Mrs Kiihni and Mr Rourquin from the 
Hopital des Cadolles, Neuchltel, for donating the blood 
for transfusion. 



344 

References 

S. Divers, C. Ph. Larson, S. Ricitelli, H. Hui, T. WaUner, 
T. Lumsden, J, Boyles, S. Weir and C. Bankert, A continuous 
intravascular oxygen and carbon dioxide monitor, Proc. Int. 
Symp. Methodology and Clinical Applicahms of Blood Gases, 
pH, Elecrrv@u and Sensor Technology Monterq, CA, USA, 
Jub 18-20, 19w, Vol. 12, pp. 51-61. 
S. Shoji and M. Esashi, Micro flow cell for blood-gas analysis 
realizing very small sample volume, Semors and Acfuutors B, 
8 (1992) 20.5-208. 

Ph. Arquint, A. van den Berg, D. J. Strike, N. F. de Rooij 
and M. Koudelka-Hep, Polymeric membranes for silicon based 
(bio)sensors, 1. Biomater. Apple, 7 (1992) 47-60. 
E. J. R. Sudhtilter, P. D. van der Wal, M. Skowronska- 
Ptasinska, A. van den Berg and D. N. Reinhoudt, Ion-sensing 
using chemically modiied ISFETs, Sensors and Actuators, 17 
(1989) 189-194. 
G. G. Guibault,Ana&ical UsesofhnmobikedEnzymes, Marcel 
Dekker, New York, 1984. 
A. van den Berg, A. Grisel and E. Verney-Norberg, An 
ISFET-based calcium sensor using a photopolymerized po- 
lysiloxane membrane, Sensors and Actuators B, 4 (1991) 
2X-238. 


