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An in vivo amperometric sensor is provided for measuring 
the concentration of an analyte in a body fluid . The sensor 
comprises a counter electrode and a working electrode , and 
the working electrode comprises a sensing layer which is 
generally water permeable and arranged on a support mem 
ber adjacent to a contact pad . The sensing layer comprises an 
immobilized enzyme capable of acting catalytically in the 
presence of the analyte to cause an electrical signal . The 
sensing layer has an upper surface facing the body fluid and 
a lower surface facing away from the body fluid , and the 
immobilized enzyme is distributed within the sensing layer 
in such a way that the enzyme concentration in the middle 
between the upper and lower surfaces is at least as high as 
on the upper surface of the sensing layer . 
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AMPEROMETRIC SENSOR AND METHOD 
FOR ITS MANUFACTURING 

CLAIM OF PRIORITY 
[ 0001 ] The present application is continuation of PCT / EP 
2007 / 004606 , filed May 24 , 2007 , which claims priority to 
U . S . Provisional Application No . 60 / 805 , 151 , filed Jun . 19 , 
2006 , each of which are hereby incorporated by reference in 
their entireties . 

TECHNICAL FIELD OF THE INVENTION 
[ 0002 ] The present application relates to implantable sen 
sors , particularly to such sensors for in vivo amperometric 
determination of analyte concentration , and more particu 
larly to an amperometric sensor configured for implantation 
into the living body of a human or animal to measure the 
concentration of an analyte in a body fluid , comprising a 
counter electrode and a working electrode that comprises a 
generally water permeable sensing layer comprising an 
immobilized enzyme capable of acting catalytically in the 
presence of the analyte to cause an electrical signal . 

BACKGROUND 
[ 0003 ] Sensors of the general type discussed in the context 
of the present invention are generally known ; see , e . g . , EP 
0 247 850 . Implantable sensors for the in vivo - measurement 
of medically important analytes like glucose or lactate are 
based on electrochemical enzymatic detection of the analyte . 
The most common approach is the use of an oxidase to 
oxidize an analyte , e . g . glucose , with subsequent reduction 
of oxygen to hydrogen peroxide and amperometric detection 
of the hydrogen peroxide by a working electrode of the 
sensor . Another approach in the field of in - vivo sensing 
bypasses the use of oxygen peroxide as a mediator couple by 
employing synthetic redox mediators for glucose conversion 
without oxygen . In that case , synthetic redox mediators are 
built into the sensing element . An example for this approach 
utilizes poly ( biimidizyl ) osmium complexes as redox media 
tors in conjunction with enzyme , as described by Feldmann 
et al . in Diabetes Technology and Therapeutics , 5 , 769 
( 2003 ) . 
[ 0004 ] Despite intensive research and development efforts 
there are at present no implantable sensors available which 
measure medically important analytes like glucose reliably 
over extended periods of time . 
[ 0005 ] It is an object of the present invention to provide a 
way to improve the reliability and longevity of amperomet 
ric sensors for in vivo - measurements of an analyte concen 
tration in a body fluid . 

fluid , wherein the immobilized enzyme is distributed in the 
sensing layer in such a way that the enzyme concentration in 
the middle between the upper and lower surfaces is at least 
as high as on the upper surface of the sensing layer . 
[ 0007 ] In a planar configuration , the contact pad can be 
placed directly under the sensing layer ( or the sensing layer 
is arranged on the contact pad ) both having consistent 
surface areas . In another embodiment , the contact pad can be 
made smaller or larger than the sensing layer . In still another 
embodiment , the contact pad can be partly displaced from 
the area covered by the sensing layer , so that only a fraction 
of the sensing layer is in direct contact with the pad . For 
other arrangements , the contact pad can be placed on one of 
the sides of the sensing layer . All these options are summa 
rized by the phrase “ the sensing layer adjacent to the contact 
pad ” . It is understood that this holds likewise for the other 
electrodes . 
[ 0008 ] It has been found that measurements of implanted 
amperometric sensors are often adversely affected by a low 
oxygen concentration in subcutaneous tissue surrounding 
the sensor . This problem seems to be especially pronounced 
in the case of enzymatic sensors which rely on an oxidase 
( for example a glucose oxidase ) as the immobilized enzyme 
in the sensing layer , because such sensors cause an electrical 
measurement signal by oxidizing the analyte . In principle , 
the strength of the measurement signal created by such 
sensors depends on the amount of enzyme , analyte and 
oxygen present . If the oxygen concentration is sufficiently 
high , the response of a given sensor with a defined enzyme 
loading reflects the concentration of the analyte in the 
vicinity of the sensor and is , in ideal cases , proportional to 
it . However , if the oxygen concentration is too low , fewer 
analyte molecules are oxidized and consequently a weaker 
electrical signal is produced compared to a sensor operating 
under oxygen - saturated conditions . 
[ 0009 ] Lowering the enzyme loading of a sensor lowers 
the critical oxygen concentration at which saturation is 
achieved , but also reduces the signal to noise ratio because 
a smaller measurement signal is created . Hence , lowering 
the enzyme loading is not sufficient to solve the problem . 
[ 0010 ] . An amperometric sensor according to the present 
invention deals with the problem of low oxygen concentra 
tions in subcutaneous tissue by means of the sensing layer 
which comprises the immobilized enzyme which is distrib 
uted in the sensing layer in such a way that the enzyme 
concentration in the middle between the upper and lower 
surface is at least as high as on the upper surface of the 
sensing layer . 
[ 0011 ] Accordingly , only a relatively small fraction of the 
enzyme molecules contained in the sensing layer is active on 
the upper surface of the sensing layer . As a consequence , a 
relatively low concentration of oxygen is sufficient to satu 
rate the surface of the sensing layer with oxygen . The 
structure of the sensing layer allows analyte molecules to 
diffuse into the sensing layer and interact with enzyme 
molecules further away from the surface which are sur 
rounded by their own reservoir of oxygen molecules . Thus , 
the electrical signal of a sensor according to the present 
invention is created not only within a small surface layer but 
rather within an extended volume which lowers the oxygen 
density ( oxygen concentration ) at which saturation of the 
sensor is achieved . Consequently , saturation of enzyme with 

SUMMARY 
[ 0006 ] According to the invention this object is achieved 
by an amperometric sensor configured for implantation into 
the living body of a human or animal to measure the 
concentration of an analyte in a body fluid , said sensor 
comprising a counter electrode and a working electrode , said 
working electrode comprising a sensing layer which is 
generally permeable for water and arranged on a support 
member adjacent to a contact pad , said sensing layer com 
prising an immobilized enzyme capable of acting catalyti 
cally in the presence of the analyte to cause an electrical 
signal , the sensing layer having an upper surface facing the 
body fluid and a lower surface facing away from the body 



US 2017 / 0290538 A1 Oct . 12 , 2017 

oxygen can be achieved at lower oxygen concentrations 
without lowering the signal to noise ratio of the measure 
ment signal of the sensor . 
[ 0012 ] Amperometric sensors with a porous sensing layer 
are known in the art . However , the enzyme is supplied to 
such sensors only after the porous layer has already been 
prepared . Therefore , the enzyme concentration of such sen 
sors is typically highest on the upper surface of the sensing 
layer and decreases strongly with increasing distance from 
the surface . As a consequence , the major part of the elec 
trical signal of such a sensor is created on the surface of the 
sensing layer , i . e . in a relatively small volume so that 
correspondingly higher oxygen concentrations are required 
for precise measurements . 
[ 0013 ] A distribution of enzyme throughout the sensing 
layer according to the present invention , especially a 
homogenous concentration , can be most easily achieved by 
mixing enzyme into a paste , for example a paste comprising 
carbon particles and a binder , and applying this mixture onto 
a contact pad to provide the sensing layer of a working 
electrode . In one embodiment , a surface - active agent such as 
a detergent or a hydrophilic polymer is used to aid the 
dispersion of the enzyme within the paste . In this way an 
equal distribution of enzyme molecules throughout the sens 
ing layer can be achieved . The object of the invention is 
therefore also achieved by a method for manufacturing an 
amperometric sensor configured for implantation into the 
living body of a human or animal to measure the concen 
tration of an analyte in a body fluid , said method comprising 
the following steps : mixing carbon particles , enzyme and a 
polymeric binder to create a paste ; applying that paste 
adjacent to a contact pad onto a support member ; and 
hardening that paste into a porous sensing layer . 
[ 0014 ] The invention is to be explained in more detail by 
the following figures and examples . 

DETAILED DESCRIPTION OF EMBODIMENTS 
OF THE PRESENT INVENTION 

[ 0022 ] The following descriptions of the embodiments are 
merely exemplary in nature and are in no way intended to 
limit the present invention or its application or uses . 
[ 0023 ] FIG . 1 shows schematically a first embodiment of 
an amperometric sensor 1 configured for implantation into 
the living body of a human or animal to measure the 
concentration of an analyte in a body fluid of a human or 
animal . For better illustration of some details FIG . 1 is not 
to scale . 
[ 0024 ] In the illustrated embodiment , the sensor 1 com 
prises a counter electrode 2 , a working electrode 3 and a 
reference electrode 4 which are arranged on a support 
member 5 which is typically made of a plastic material , such 
as polyimide . Each electrode 2 , 3 , 4 comprises a contact pad 
6 , 7 , 8 which is provided as an electrically conductive film , 
e . g . a metallic film which can be a gold film , with a thickness 
of between about 50 nm and about 150 nm . It is also possible 
to make the contact pads 6 , 7 , 8 from other metals , in 
particular palladium , or as a multilayer film of different 
metals . For example , a thin film , less than 20 nm , of titanium 
covering the support member 5 can be covered with a second 
film of gold with a thickness of between about 50 nm and 
about 130 nm , thus forming the contact pads 6 , 7 , 8 . As an 
alternative , the contact pads 6 , 7 , 8 can be formed as an 
electrically conductive polymer film , e . g . from a conductive 
polymer paste , for example by screen - printing or by dis 
pensing which leads to thicker contact pads 6 , 7 , 8 . Instead 
of separate counter and reference electrodes 3 , 4 a combined 
counter / reference electrode may also be used . One example 
of a suitable counter / reference electrode is a silver / silver 
chloride electrode . As such counter and / or reference elec 
trodes are commonly used no further description is neces 
sary . 

BRIEF DESCRIPTION OF THE DRAWINGS 
[ 0015 ] The following detailed description of the embodi 
ments of the present invention can be best understood when 
read in conjunction with the following drawings , where like 
structure is indicated with like reference numerals and in 
which : 
[ 0016 ] FIG . 1 shows a first exemplary embodiment of a 
sensor according to the present invention in a cross section 
view . 
[ 0017 ] FIG . 2 shows a functional characteristic of the 
sensor according to FIG . 1 from an in vitro measurement . 

[ 0018 ] FIG . 3 shows measurement data of the sensor 
according to FIG . 1 measured in a biomatrix . 
[ 0019 ] FIG . 4 shows the dependence of sensor current on 
a diffusion barrier covering the sensing layer of sensors F to 
J , but not sensors A to E . 
[ 0020 ] FIG . 5 shows a second exemplary embodiment of 
a sensor according to the present invention in a cross section 
view . 
[ 0021 ] In order that the present invention may be more 
readily understood , reference is made to the following 
detailed descriptions and examples , which are intended to 
illustrate the present invention , but not limit the scope 
thereof . 

[ 0025 ] . The working electrode 3 further comprises a sens 
ing layer 9 which is generally permeable for water and 
arranged adjacent to the contact pad 7 of the working 
electrode 3 . The sensing layer 9 comprises immobilized 
enzyme capable of acting catalytically in the presence of the 
analyte to cause an electrical signal . In the present example 
an oxidase , particularly a glucose oxidase is used as enzyme 
to measure glucose as an analyte in a human body fluid , like 
interstitial fluid or blood . 
[ 0026 ] The sensing layer 9 was applied as a paste onto the 
support member 5 to cover the contact pad 7 of the working 
electrode 2 . That paste was made by mixing carbon particles , 
enzyme and a polymeric binder . In this way the immobilized 
enzyme is distributed equally throughout the sensing layer 9 . 
A homogeneous enzyme distribution throughout the sensing 
layer 9 is advantageous . Hence , the enzyme concentration 
should differ by less than 20 % , especially less than 10 % , 
between the upper surface and the lower surface of the 
sensing layer 9 . As the analyte can diffuse into the porous 
sensing layer 9 the electrical measurement signal is created 
not just in the sensing layers 9 upper surface which faces 
away from the contact pad 7 but rather in an extended 
volume . Therefore , rather low oxygen concentrations are 
sufficient to saturate the sensor 1 with oxygen and enable 
precise measurements . 
[ 0027 ] In one embodiment the sensing layer 9 is flat . In 
other embodiments , the sensing layer 9 is electrically con 
ductive . In yet other embodiments , the electrical conductiv 
ity of the sensing layer 9 is at least about 122 - cm - - . As a 
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result of such conductivity , every place in the sensing layer 
9 at which the enzymatic reaction of the analyte takes places 
acts as a tiny electrode , at which the product of the enzy 
matic reaction can be quickly reduced or oxidized . In this 
manner these places , are used as cathode or anode , depend 
ing on the sign of the electrical potential applied . Conse 
quently the sensing layer 9 in the porous structure comprises 
a huge number of tiny cathodes or anodes . As a result of this 
there is no need for the product of the enzymatic reaction to 
advance through the bulk of the sensing layer 9 which would 
result in a loss a signal height . An electrically conductive 
embodiment of the sensing layer 9 therefore has the result of 
an increased signal height . 
[ 0028 ] The sensing layer 9 of the example shown has a 
thickness of about 30 um . Generally the sensing layer 9 
should have a thickness of at least about 5 um , at least 10 um 
in one embodiment , in order to provide a sufficiently large 
volume for the creation of the electrical measurement signal . 
A thickness of the sensing layer 9 of more than about 100 um 
does not provide additional benefits . In other embodiments , 
the sensing layer 9 has a thickness of between about 20 um 
and about 70 um . In yet other embodiments , the sensing 
layer 9 is arranged in a depression provided in the support 
member 5 . In this way it is somewhat protected by lateral 
walls of the depression in the support member 5 from 
damages during the implantation process . Furthermore , the 
lateral surfaces of the sensing layer 9 can be connected to the 
support member 5 and thereby ensure that analyte molecules 
can diffuse only through the sensing layer ' s 9 upper surface 
into the sensing layer 9 . Of course , the lateral surfaces can 
be made generally impervious to water by different means as 
well . The sensing layer 9 in other embodiments can have 
lateral surfaces which are generally impervious for the body 
fluid . 
[ 0029 ] In similar fashion , in one embodiment the contact 
pads 6 , 8 of the counter electrode 2 and the reference 
electrode 4 are covered with water - permeable layers 12 , 14 
which were also applied as paste . Of course , the layers 12 , 
14 of the counter electrode 2 and of the reference electrode 
4 contain no enzyme . Like the sensing layer 9 , layers 12 and 
14 may also comprise carbon particles and a polymeric 
binder . Whereas porosity enhancing particles 13 like carbon 
nanotubes have been added to the pastes for the sensing 
layer 9 and the layer 12 , such porosity enhancing particles 
13 provide no benefit for the highly conductive layer 14 of 
the reference electrode 4 and were therefore not added as a 
matter of design choice . However , such carbon nanotubes 
may be useful for other purposes , as will be described below , 
and thus the inclusion of them will not detract from the 
scope of the present invention . 
[ 0030 ] As enzyme is distributed throughout the whole 
sensing layer 9 , oxygen saturation can be maintained even if 
much higher analyte concentrations are present at the upper 
surface of the sensing layer 9 than is feasible for known 
sensors . The sensing layer of sensors according to prior art 
is usually covered by a diffusion barrier which hinders 
analyte diffusion to such an extent that the analyte concen 
tration at the upper surface is typically about 100 times 
lower than in body fluid surrounding the sensor . 
[ 0031 ] The sensing layer 9 of the sensor 1 of one embodi 
ment of the present invention is covered by a diffusion 
barrier which hinders diffusion of analyte molecules only to 
such an extent that , after implantation into the living body of 
a human or animal , the analyte concentration at the upper 

surface of the sensing layer 9 is at most about ten times 
lower than in the body fluid surrounding the implanted 
sensor 1 . In other embodiments it can be at most about five 
times lower , and in yet other embodiments it can be at most 
about three times lower . In the example shown , the diffusion 
harrier comprises several distinct layers 10 , 11 contributing 
to the diffusion resistance of the diffusion barrier against 
diffusion of analyte molecules . 
[ 0032 ] The diffusion barrier is permeable for the analyte 
and prevents enzyme from leaking out of the sensing layer 
9 . In the example shown , the diffusion barrier comprises as 
a first layer an electrically conductive enzyme - free layer 10 
which comprises carbon particles and a polymeric binder 
and has a thickness of less than a third of the thickness of the 
sensing layer 9 . Usually it is about 1 um to about 3 um thick . 
Like the sensing layer 9 the enzyme - free layer 10 was 
applied as a paste . That paste differs from the paste of the 
sensing layer 9 only in that no enzyme was added to it . 
[ 0033 ] The diffusion barrier also comprises a layer 11 
which prevents large molecules from clogging pores of the 
sensing layer 9 . The layer 11 may be a dialysis layer which 
can be provided as a membrane made of cellulose and / or a 
polymer material . Such a dialysis layer is also an enzyme 
free layer and may be applied directly on top of the sensing 
layer 9 or , as shown in FIG . 1 , on top of the electrically 
conductive enzyme - free layer 10 . In one embodiment , such 
a dialysis layer should hinder analyte diffusion as little as 
possible . In other embodiments , the layer 11 has an effective 
diffusion coefficient Doc for the analyte which is at most 
about ten times lower than the diffusion coefficient D of the 
analyte in water , and in yet other embodiments it is at most 
about five times lower than the diffusion coefficient D of the 
analyte in water . A dialysis layer can be applied as a solid 
film or applied as a polymer solution which hardens into a 
dialysis membrane in - situ . 
[ 0034 ] Dialysis membranes are often characterized by 
their molecular weight cut off ( MWCO ) which depends on 
the pore size . The MWCO describes the molecular weight at 
which a compound will be 90 % retained following a night 
( 17 - hour ) dialysis . The dialysis layer of the example shown 
has a MWCO of less than about 10 kDalton , and may be less 
than about 7 kD , and even less than about 5 kd in some 
embodiments . It has to be understood that MWCOs stated 
for dialysis layers apply strictly only to globular molecules 
such as most proteins . More linear molecules may be able to 
pass through the pores of a dialysis layer , even if their 
molecular weight exceeds the stated MWCO . 
10035 ] . Instead of or in addition to a dialysis membrane , 
the diffusion barrier may also comprise a polymer layer 
made of a polymer having a zwitterionic structure to protect 
the sensing layer 9 and any porous layer 10 from ingression 
of proteins . A zwitterionic structure enables the rapid uptake 
of polar protic solvents , in particular water , and such ana 
lytes as glucose dissolved within . Hence , polymers having a 
zwitterionic structure attached to a polymeric backbone are 
impermeable for proteins but hinder diffusion of analytes 
like glucose very little . A well - known example for such a 
polymer is poly ( 2 - methacryloyloxyethyl phosphorylcho 
line - co - n - butylmethacrylat ) ( MPC for short ) . The MPC 
polymer layer 11 is applied as a polymer solution compris 
ing ethanol or distilled water and at least 5 wt . % MPC , 
especially at least 10 wt . % MPC . 
[ 0036 ] In these exemplary embodiments , the diffusion 
barrier and especially the polymer layer 11 , which it com 
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prises , protect the sensor 1 from mechanical damage during 
the implantation process , prevent enzyme from leaking out 
of the sensing layer 9 into surrounding tissue , where it might 
be harmful , and prevents large molecules from clogging 
pores of the sensing layer 9 . It is possible to mix a polymer 
having a zwitterionic structure like MPC with another 
polymer , for example polyurethane or typical constituents of 
the above - mentioned dialyse membranes , in order to tune 
physical properties of the polymer layer 11 . 
[ 0037 ] It is also possible to tune physical properties , such 
as the permeability for analytes , of the layer 11 , if this 
contains a co - polymer having constituents of different 
hydrophilicity , by varying the relative amount of each con 
stituent in the co - polymer . In the case of MPC it is possible 
to increase the relative amount of 2 - methacryloyloxyethyl 
phosphorylcholine versus that of butylmethacrylat from 
30 : 70 % to 50 : 50 % yielding a co - polymer with higher per 
meability towards polar protic solvents or glucose . Another 
way to increase permeability for polar protic solvent or 
glucose is to change the hydrophobic backbone of the 
co - polymer into a more hydrophilic entity . This also applies 
for other water - soluble analytes . 
[ 0038 ] The sensing layer 9 of the example shown in FIG . 
1 contains porous particles 13 to increase its porosity and 
thereby ease diffusion of analyte molecules into the sensing 
layer 9 . Porous particles 13 in this respect are particles 
which have voids to adsorb water molecules . These porous 
particles 13 are added to the paste from which the sensing 
layer 9 is formed and cause voids through which analyte 
molecules and water may pass . The porous particles 13 are 
bound with other particles of the paste by the polymeric 
binder . Carbon nanotubes are an especially useful additive to 
increase the porosity of the sensing layer as they tend to 
form clews , which are only partially filled with carbon 
particles and binder , and also increase the electrical conduc 
tivity of the sensing layer . Silica particles may also be used 
as porous particles 13 to increase the porosity of the sensing 
layer 9 . 
[ 0039 ] If silica or similar porous particles 13 are used , it 
is advantageous to use material with a particle size distri 
bution such that the maximum particle size is less than the 
thickness of the sensing layer 9 . In one embodiment , the 
porous particles 13 should measure at least about 1 um , and 
in other embodiments should measure at least about 5 um . 
Considering a sensing layer 9 thickness around about 20 um 
to about 50 um , silica FK 320 from Degussa provides 
adequate particle size , up to about 15 um . Typically , less 
than about 10 % of this material are mixed into the paste , and 
can be as low as about 5 % or less . 
[ 0040 ] In one embodiment , electrical conductivity is pro 
vided throughout the sensing layer 9 , so that at each spot of 
the porous matrix , where a product molecule is generated 
from the enzymatic reaction , this molecule is directly oxi 
dized or reduced by application of the appropriate voltage 
without the need for extended diffusion of this molecule to 
a distant site . Under these circumstances the porous and 
permeable sensing layer 9 is capable of electrolyzing the 
analyte substantially throughout the entire layer . 
[ 0041 ] Whatever means for increasing the porosity is 
used , the mixing of the enzyme with the paste will lead to 
a fraction of enzyme molecules being accessible to the 
analyte , either on the upper surface of the sensing layer 9 , or 
at the channels in the vicinity of the additive particles within 
the sensing layer 9 . In one embodiment , the enzyme is 

immobilized by adsorption and entrapment in the working 
electrode 3 . Entrapment depends not only on the sensing 
layer 9 but also on properties of the diffusion barrier , i . e . the 
layer 11 , and of the optional enzyme - free layer 10 . It is 
understood that in order to maintain the ideal distribution of 
enzyme within the working electrode , contact with solvent 
( water ) should not lead to massive detachment of enzyme 
from the matrix and subsequent migration of enzyme mol 
ecules . In other embodiments , enzyme immobilization in the 
sensing layer 9 can be enhanced by cross - linking . Especially 
advantageous are enzyme molecules which are cross - linked 
as a chain , keeping in mind , however , that longer chains 
result in the enzyme being less effective . In one embodi 
ment , therefore , on average about three to about ten enzyme 
molecules are linked together , and in other embodiments 
about 4 to about 8 on average are linked , wherein an average 
chain length of about five to about seven enzyme molecules 
is typically useful . 
[ 0042 ] It is possible to add a cross - linking agent , i . e . 
glutaraldehyde solution , to the paste before drying . How 
ever , it is also possible to mix an already cross - linked 
enzyme into the paste . In one embodiment , an enzyme is 
used which forms a complex with a hydrophilic partner . 
After being mixed into a paste which is less hydrophilic or 
even hydrophobic , as can be achieved by mixing carbon 
particles with suitable binders , the cross - linked enzyme sits 
in a local hydrophilic environment which contributes to its 
stability . One result of a cross - linked enzyme with a hydro 
philic partner is that it enhances migration of hydrated 
analyte molecules towards the enzyme . Thus the wetting of 
the sensing layer 9 is accelerated which shortens the wet - up 
time of the sensor after implantation . As a specific example , 
glucose oxidase cross - linked with dextrane from Roche 
Diagnostics ( Penzberg , Germany , Ident - No . 1485938001 ) 
has been found to have such a content of enzyme ( approxi 
mately 16 % ) that enough activity ( 20 to 40 U / mg lyophyli 
sate ) can be preserved . 
[ 0043 ] By mixing already cross - linked enzyme with the 
sensing layer paste containing carbon nanotubes , the trait of 
the carbon nanotubes to wind up and form clews , which act 
as macroporous cage structures , is supported by the larger 
enzyme - dextrane chains , in particular by their aggregation . 
As a consequence , the cross - linking enzyme will assist in the 
formation of porous structures of the sensing layer 9 . 
[ 0044 ] The sensing layer 9 of the example shown com 
prises carbon particles with an average size of less than 
about 1 um , polymeric binder , enzyme and carbon nanotubes 
as porous particles 13 . The porous particles 13 are more 
effective to increase the porosity of the sensing layer 9 if 
they are significantly larger than the carbon particles . In the 
example shown , the porous particles 13 measure at least 
about 1 um , and can be at least about 5 um , on average . 
Typically the sensing layer 9 comprises about 50 wt . % to 
about 70 wt . % polymeric binder , about 20 wt % to about 40 
wt . % carbon particles and up to about 20 wt . % ( and as low 
as between about 1 wt . % and about 10 wt . % ) porous 
particles 13 like carbon nanotubes or silica . Carbon nano 
tubes are an especially advantageous additive as they 
increase both the porosity and the electrical conductivity of 
the sensing layer 9 . In the embodiment shown schematically 
in FIG . 1 , multiwall carbon nanotubes ( research grade , 
purity > 95 % ) by NanoLab , Newton , Mass . , of length about 
5 um to about 20 um and an average outer diameter of about 
25 nm to about 35 nm have been used . The binder is a 
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thermoplastic resin , e . g . on the basis of an epoxy resin or on 
the basis of polyvinyl chloride ( PVC ) / polyvinyl alcohol 
( PVA ) . Resins on the basis of a fluoro carbon resin , particu 
larly polytetrafluoroethylene , or of polystyrene , may also be 
used as binders . In the case of PVC / PVA binders , the use of 
additives like silicone oil can help to adjust the viscosity of 
the paste . 
[ 0045 ] In this way the sensing layer 9 of the sensor 1 
shown in FIG . 1 is adapted and arranged in such a way that 
in operation after implantation the analyte concentration in 
the sensing layer 9 is highest at the upper surface , decreases 
with increasing distance from the upper surface , and is zero 
at the lower surface which is the furthest point from the 
analyte - containing body fluid and which touches the contact 
pad 7 . The enzyme loading of the sensing layer 9 , i . e . the 
amount of the enzyme immobilized therein , should be 
chosen with respect to the porosity and water - permeability 
of the sensing layer 9 . 
[ 0046 ] An important parameter in this respect is the effec 
tive diffusion coefficient Def of the sensing layer 9 . The 
effective diffusion coefficient Def characterizes the diffusion 
of the analyte in the sensing layer 9 and depends on the pore 
volume e and the tortuosity t of the sensing layer 9 . 
Generally , the effective diffusion coefficient Def can be 
described as D D . elt , wherein D is the diffusion coeffi 
cient of the analyte in water . The quotient tle is also called 
hindrance H . In the example shown H is between about 10 
and about 1000 , and can be between about 50 and about 500 . 
[ 0047 ] Another important parameter in this respect is the 
enzyme loading parameter a which can be described as 
a = ( Vmax d ) / ( KMD ) wherein Vmax is the enzyme activity 
density which determines the maximum speed of analyte 
conversion , Ky the Michaelis Menten constant of the 
enzyme , d the thickness of the sensing layer and D the 
diffusion coefficient of the analyte in water . In one embodi 
ment , the ratio of the effective diffusion coefficient Doff in the 
sensing layer 9 and the enzyme loading parameter a is in the 
range of about 10 to about 200 . 
[ 0048 ] FIG . 2 shows the functional characteristic of the 
sensor described above . The layer 11 has been made from 
MPC ( Lipidure CM 5206 , NOF Corp . Japan ) by dispensing 
a 10 % solution of MPC in ethanol / water on the electrodes . 
The measurement current I in nA is plotted versus glucose 
concentration g in mg / dl . The data shown in FIG . 2 were 
measured in - vitro in aqueous glucose solution . As can be 
seen , no saturation at higher glucose concentrations is 
observed . 
[ 0049 ] FIG . 3 shows for comparison measurement cur 
rents I , and IR in nA . Currents 14 were measured in - vitro , 
currents loby a sensor in a biomatrix , both at a temperature 
T = 35° C . , after the sensors had been equilibrating in the 
respective medium for 12 hours . Every data point shown 
belongs thus to a biomatrix measurement and an aqueous 
glucose solution measurement at identical glucose concen 
tration . The biomatrix used consists of stabilized blood 
plasma , to which glucose was added in order to obtain the 
desired glucose concentration . Sensor currents measured in 
the biomatrix and sensor currents measured in aqueous 
glucose solution show excellent agreement . 
[ 0050 ] The result is particular noteworthy and demon 
strates the profound effects arising from the sensor layout of 
the embodiment of the present invention . In general , it is 
expected , that exposure of a sensor 1 to a biomatrix ensures 
the deposition of proteins , peptides or fibrin on the sensor 

surface . This process affects the permeability for analytes or 
water of an outer layer , such as layer 11 . In a conventional 
sensor layout , this layer restricts diffusion of analyte to the 
sensing layer so that a permeability decrease results in a 
weaker measurement signal . 
[ 0051 ] However , the signal height of the described sensor 
1 is not affected by exposure to a biomatrix , as seen in FIG . 
3 , since the diffusion of analyte through the layer 11 is not 
the rate - limiting step in the generation of the signal . There 
fore any permeability alteration has very little effect on the 
signal for the sensor 1 described above . 
[ 0052 ] The present invention is not limited to enzymes 
using oxygen as co - substrate in the catalytic reaction . The 
enzyme may be a dehydrogenase as well . For example , a 
glucose dehydrogenase which does not use oxygen as co 
substrate can be distributed within the sensing layer 9 . 
Known dehydrogenases include certain molecules as cofac 
tors for the oxidation of glucose , for example pyrroloqui 
noline quinone ( PQQ ) , or flavin adenine dinucleotide ( FAD ) 
or nicotinamid adenine dinucleotide ( NAD ) , see EP 1 661 
516 A1 . Any of these dehydrogenases can be used in the 
sensing layer 9 instead of an oxidase . 
[ 0053 ] FIG . 4 shows the sensor current I in nA , which was 
measured by sensors A to J in phosphate - buffered aqueous 
glucose solution of different concentrations . Sensor currents 
measured at a glucose concentration of 360 mg / dl are 
depicted by triangles ( A ) Sensor currents measured at a 
glucose concentration of 180 mg / dl are depicted by squares 
( O ) . Sensor currents at a glucose concentration of zero are 
depicted by diamonds ( ) . 
[ 0054 ] Sensors A to J differ only with respect to the 
diffusion barrier applied on top of the sensing layer 9 . At 
sensors A to E a diffusion barrier is lacking , i . e . the sensing 
layer 9 is in direct contact with the aqueous glucose solution 
to be measured . Sensors F to J comprise a diffusion barrier 
covering the sensing layer 9 . The diffusion harrier of sensors 
F to J was provided as a polymer layer made of MPC - like 
layer 11 in FIG . 1 . As can be seen , the sensor currents are 
only slightly lower for sensors F to J than for sensors A to 
E . Hence , the diffusion barrier provided by the MPC poly 
mer layer 11 hinders diffusion of analyte molecules only to 
a very small extent . As the sensor currents of sensors F to J 
are about 20 % lower than sensor currents of sensors . A to E , 
it can be concluded that the diffusion barrier of sensors F to 
J leads to analyte concentrations on the upper surface of the 
sensing layer 9 which are only about 20 % lower than in the 
glucose solution surrounding the sensors . 
[ 0055 ] As in the embodiment described previously with 
reference to FIG . 1 the sensing layers 9 of sensors A to J 
comprise cross - linked enzymes , i . e . dextranized glucose 
oxidase which can be purchased by Roche Diagnostics , 
Penzberg , Germany , Ident - No . 14859389001 . The dex 
tranized glucose oxidase has been dissolved in phosphate 
buffered solution and mixed into a paste comprising carbon 
particles , carbon nanotubes and polymeric binder . The sens 
ing layer 9 was dispensed on the contact pad 7 of the 
working electrode 3 on the sensor substrate 5 with a spot size 
of about 0 . 05 mm² to about 0 . 1 mm² , e . g . a circular spot of 
about 300 um diameter . The thickness of the sensing layer 9 
was about 20 um . An Ag / AgCl reference electrode 4 of 
consistent size has also been provided . The counter electrode 
2 was of rectangular shape ( approximately 400 um by 900 
um ) with an about 20 um thick layer of carbon paste 
containing carbon nanotubes . 
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[ 0056 ] It is seen in FIG . 4 that the sensor current is barely 
affected by the presence of the membrane made from MPC . 
[ 0057 ] It can be concluded from this finding that , by the 
particular choice of the zwitterionic membrane structure , a 
coating which is highly permeable for solvated glucose has 
been found . For the construction of a sensor 1 , where 
diffusion - limitation occurs in the sensing layer 9 ( see FIG . 
1 ) , such a high permeability of the membrane is important . 
Conversely , the diffusion of analyte through the diffusion 
barrier provided by the MPC - layer 11 , should be hindered as 
little as possible , ideally the analyte concentration ( i . e . 
signal ) at the sensing layer 9 with the coating should be not 
less than half of the value obtained without the coating . 
[ 0058 ] It should be noted that the optional enzyme - free 
layer 10 should also have little hindrance to analyte diffu 
sion , therefore its layer thickness should be much thinner 
than that of the sensing layer 9 . 
10059 ] As stated before , mixing of a hydrophilized cross 
linked enzyme can yield a very stable function over 
extended periods of time , since wet - up of the sensing layer 
is fast and the enzyme distribution stays constant . This is 
reflected by drift values obtained in measuring the above 
sensors over 6 days in aqueous glucose solution . For the 
uncoated sensors , drift ranges from about - 0 . 62 % per day to 
about 0 . 78 % per day , while the coated ones cover a range 
from about - 0 . 5 % to about 1 . 5 % per day . These small drift 
values have been measured at 37° C . 
[ 0060 ] The particular advantage of measurement stability , 
i . e . low signal drift , is not limited to a sensor 1 with an 
enzyme in the sensing layer 9 which uses oxygen as a 
co - substrate . In fact , the same benefit of cross - linking can be 
obtained by using a cross - linked dehydrogenase which does 
not need oxygen as a co - substrate in the catalytic reaction . 
For example , a dextranized glucose dehydrogenase or a 
pegylated dehydrogenase ( PEG : polyethylene glycol ) can be 
brought into the sensing layer 9 . 
[ 0061 ] In the sensor 1 shown in FIG . 1 the sensing layer 
9 is arranged on the contact pad 7 . Further , the sensing layer 
9 has a lower surface facing the contact pad 7 and an upper 
surface facing away from the contact pad 7 , or more 
generally the sensing layer 9 has having a lower surface 
facing the support member 5 and an upper surface facing 
away from the support member 5 toward the analyte 
containing body fluid . Correspondingly the layers 12 , 14 are 
arranged the contact pads 6 , 8 . FIG . 5 shows an amended 
embodiment of the sensor 1 of FIG . 1 . The embodiment of 
FIG . 5 corresponds to the embodiment of FIG . 1 , with the 
difference that the electrodes with the contact pads 6 , 7 , 8 
being placed on the side of the water - permeable layers 9 , 12 
and 14 , in contrast to FIG . 1 . It is also possible to place a 
contact pad 6 , 7 , 8 on two sides of the respective layer 9 , 12 , 
14 , as illustrated for the contact pad 6 of the water - perme 
able layer 12 of counter electrode 2 . This contact pad 6 can 
also be formed so that it encloses the layer 12 from all sides . 
In all cases where the contact pad 6 , 7 , 8 sits on the side of 
the permeable layer 9 , 12 , 14 , the surface of the layer 9 , 12 , 
14 facing away from the analyte - containing body fluid is 
directly in contact with the support member 5 . 
[ 0062 ] The features disclosed in the above description , the 
claims and the drawings may be important both individually 
and in any combination with one another for implementing 
the invention in its various embodiments . 

[ 0063 ] It is noted that terms like “ preferably ” , “ com 
monly ” , and “ typically ” are not utilized herein to limit the 
scope of the claimed invention or to imply that certain 
features are critical , essential , or even important to the 
structure or function of the claimed invention . Rather , these 
terms are merely intended to highlight alternative or addi 
tional features that may or may not be utilized in a particular 
embodiment of the present invention . 
[ 0064 ] For the purposes of describing and defining the 
present invention it is noted that the term “ substantially ” is 
utilized herein to represent the inherent degree of uncer 
tainty that may be attributed to any quantitative comparison , 
value , measurement , or other representation . The term " sub 
stantially ” is also utilized herein to represent the degree by 
which a quantitative representation may vary from a stated 
reference without resulting in a change in the basic function 
of the subject matter at issue . 
0065 ] Having described the present invention in detail 
and by reference to specific embodiments thereof , it will be 
apparent that modification and variations are possible with 
out departing from the scope of the present invention defined 
in the appended claims . More specifically , although some 
aspects of the present invention are identified herein as 
preferred or particularly advantageous , it is contemplated 
that the present invention is not necessarily limited to these 
preferred aspects of the present invention . 

1 - 32 . ( canceled ) 
33 . A method of using an in vivo amperometric biosensor 

of the type having working and counter electrodes arranged 
on a support member , the working electrode having a 
sensing layer with immobilized enzyme distributed therein , 
the method comprising : 

implanting the sensor into a body part to bring the sensing 
layer into contact with body fluid having an analyte ; 
and 

controlling the rate of analyte diffusion through the sensor 
so that diffusion of the analyte in the sensing layer is the 
rate - limiting step in generating a signal corresponding 
to analyte concentration . 

34 . The method of claim 33 , further comprising providing 
the sensing layer with an effective diffusion coefficient Dell 
of analyte through the sensing layer of about 10 - times to 
about 1000 - times lower than the coefficient D of the analyte 
in water . 

35 . The method of claim 33 , further comprising providing 
a diffusion barrier above the sensing layer , wherein the 
diffusion barrier inhibits diffusion of analyte into the sensor 
to the extent that analyte concentration at the upper surface 
of the sensing layer is at most about ten times lower than in 
the body fluid surrounding the implanted sensor . 

36 . The method of claim 33 , further comprising arranging 
the biosensor so that the sensing layer has an upper surface 
facing the body fluid and facing away from the support 
member and a lower surface facing away from the body fluid 
and facing toward the support member . 

37 . The method of claim 33 , wherein , after the implanting , 
the analyte concentration at the upper surface of the sensing 
layer is at most about 10 times lower than in the body fluid 
surrounding the sensor . 

38 - 53 . ( canceled ) 
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