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Design and Control of a Demand Flow System
Assuring Spontaneous Breathing of a Patient

Connected to an HFO Ventilator
Karel Roubı́k*, Jakub Ráfl, Student Member, IEEE, Marc van Heerde, and Dick G. Markhorst

Abstract—Lung protective ventilation is intended to minimize
the risk of ventilator induced lung injury and currently aimed
at preservation of spontaneous breathing during mechanical ven-
tilation. High-frequency oscillatory ventilation (HFOV) is a lung
protective ventilation strategy. Commonly used high-frequency os-
cillatory (HFO) ventilators, SensorMedics 3100, were not designed
to tolerate spontaneous breathing. Respiratory efforts in large pe-
diatric and adult patients impose a high workload to the patient
and may cause pressure swings that impede ventilator function.
A Demand Flow System (DFS) was designed to facilitate sponta-
neous breathing during HFOV. Using a linear quadratic Gaussian
state feedback controller, the DFS alters the inflow of gas into the
ventilator circuit, so that it instantaneously compensates for the
changes in mean airway pressure (MAP) in the ventilator circuit
caused by spontaneous breathing. The undesired swings in MAP
are thus eliminated. The DFS significantly reduces the imposed
work of breathing and improves ventilator function. In a bench
test the performance of the DFS was evaluated using a simulator
ASL 5000. With the gas inflow controlled, MAP was returned to its
preset value within 115 ms after the beginning of inspiration. The
DFS might help to spread the use of HFOV in clinical practice.

Index Terms—Demand Flow System, high-frequency oscillatory
ventilation (HFOV), linear quadratic Gaussian (LQG) control,
mechanical ventilation.

I. INTRODUCTION

M ECHANICAL ventilation (MV) is an effective, life-
saving technique for the management of patients with

respiratory insufficiency or failure. Nevertheless, numerous
studies have shown that MV itself can initiate as well as exacer-
bate lung injury and negatively affect other body organs [1]. This
is known as ventilator-induced lung injury, which is the major
cause of still persisting high mortality during MV. The effort to
reduce the mortality leads to the development of lung protective
MV strategies that can protect the already injured lung from
additional harm. An important issue is not to fully take over

Manuscript received March 16, 2011; revised June 27, 2011; accepted August
5, 2011. Date of publication August 22, 2011; date of current version October
19, 2011. This work was supported in part by the Ministry of Education, Youth
and Sports of the Czech Republic, Project Number MSM 6840770012, by Grant
GAČR 102/08/H018, and by Grant SGS11/171/OHK4/3T/17. Asterisk indicates
corresponding author.
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the patient’s respiration, but to allow spontaneous breathing.
Spontaneous breathing during MV has clinical relevant posi-
tive effects on the diseased lung, lowers need for sedatives, and
shortens duration of both MV and intensive care stay [2]. The
current trend in MV is to synchronize the ventilator’s activity
with the breathing of a patient.

During the last decades, advances in control technology have
played a major role in the evolution of MV [3]. Much effort was
made to adapt ventilators to spontaneously breathing patients.
The incorporation of advanced control in modern ventilators has
moved the control of ventilation from the machine to the patient.
New MV modes provide automatic control of ventilator output
in response to patients’ changing requirements. Algorithms for
the assessment of successful extubation are being sought [4],
and some ventilators even use optimal control algorithms to
automatically wean patients from MV [3]. Research activities
are also aimed at development of closed-loop MV controllers
with explicit definition of target physiological parameters, such
as blood oxygen saturation and concentration of CO2 in the
expired gas [5].

High-frequency oscillatory ventilation (HFOV) is a lung
protective strategy very different from other modes of MV.
Whereas the physiologic breathing frequency is 0.2–0.35 Hz
(12–20 breaths per minute) during quiet breathing, HFOV de-
livers pressure oscillations of 3–15 Hz around a constant mean
airway pressure (MAP), producing tidal volumes of approxi-
mately 1–2 mL/kg body weight [6]. These tidal volumes are
often less than anatomical dead space, and associated swings in
alveolar pressure are very small. This approach should theoret-
ically limit ventilator-induced lung injury [7].

Unfortunately, ventilators for HFOV still do not offer such
sophisticated control of MV as other ventilators. Spontaneous
breathing of a patient is not possible during HFOV, which rep-
resents one of the most significant disadvantages of HFOV.

The SensorMedics 3100 HFO ventilator (SensorMedics,
Yorba Linda, CA, USA) was developed in the early 1980s and
is the most commonly used HFO ventilator in large pediatric
and adult patients. These HFO ventilators use open-loop con-
trol for all ventilator settings. Spontaneous breathing was not
taken into account during the design of this HFO ventilator and
causes two main problems. First, vigorous respiratory effort in
large pediatric and adult patients impedes HFO ventilator func-
tion. It causes pressure swings that activate alarms, interrupt
oscillations, and produce significant oxygen desaturation of the
blood hemoglobin. Initial HFOV trials in adults recommended
muscular paralysis for this reason [8]. Second, when a patient
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breathes spontaneously during MV, all components of the ven-
tilator circuit impose a resistive workload to the patient. This
imposed workload caused by the HFO ventilator is rather high
and makes it difficult to breathe during HFOV [9]. Nonetheless,
current protocols attempt to maintain spontaneous breathing
during HFOV [10].

The aim of this study is to eliminate the disadvantage of
the HFOV—the impossibility of spontaneous breathing of adult
patients connected to an HFO ventilator. The paper presents
the design, control, and function of a device designed to facil-
itate spontaneous breathing during HFOV with SensorMedics
3100 HFO ventilators. The paper is organized as follows: Sec-
tion II specifies the problem of spontaneous breathing during
HFOV with the standard HFO ventilator and introduces the pro-
posed solution. Section III presents the new configuration of
the HFO ventilator, enhanced by a system which allows spon-
taneous breathing during HFOV. The hardware structure of the
new system is presented. Section IV describes the control al-
gorithm used. Section V presents the results of a bench test
conducted with the designed system, and Section VI presents
the result of an animal experiment. Finally, Sections VII and
VIII include discussion on the system performance, limitations,
and the study conclusions.

II. PROBLEM FORMULATION

A standard configuration of a SensorMedics 3100 HFO venti-
lator is presented in Fig. 1(a). The inspiratory gas mixture from
an air-oxygen blender enters a bias flow generator in the HFO
ventilator. The manually adjustable generator can deliver a fixed
bias flow rate Qbf between 0 and 60 L/min. This flow passes
through the ventilator circuit and escapes via a balloon valve.
The balloon valve represents a resistance, which, together with
the bias flow, determines MAP in the ventilator circuit. MAP as-
sures a sufficient alveolar lung surface area for gas diffusion and
controls oxygenation. The generation of inspiratory and expira-
tory volume is provided by an oscillating membrane, operating
at a frequency between 3 and 15 Hz. The oscillating membrane
generates pressure swings that propagate through the ventilator
circuit to the airway opening of a patient’s respiratory system.
These changes of pressure create a bidirectional flow of gas
between the ventilator circuit and the connected airways.

The relatively low and fixed Qbf is the reason that sponta-
neous breathing is not well tolerated during HFOV [9]. The fixed
Qbf results in a decrease in MAP during spontaneous inspira-
tion and an increase in MAP during expiration. A ventilator may
evaluate the pressure swings caused by the patient’s breathing
as a possible danger. Patient’s exhalation induces an increase in
MAP in the ventilator circuit, which may exceed the set alarm
limits. As a result, the alarm is activated and, finally, the ven-
tilator discontinues its operation. The same may occur during
a patient’s inhalation when a decrease in MAP in the ventilator
circuit may be considered as a significant gas leak or circuit
disconnection.

A patient’s spontaneous breathing that does not affect venti-
lator performance may be assured by an additional device which
instantaneously compensates for the swings in MAP induced by

Fig. 1. High-frequency oscillatory ventilator connected to a patient in the
standard configuration with constant bias flow (a) and with the Demand Flow
System providing the variable gas inflow (b).

a patient’s spontaneous breathing. Such a device should rapidly
react to the changes in the amount of gas in the ventilator circuit.
When using a fixed Qbf , this amount of gas decreases as a result
of a patient’s inhalation and increases as a result of a patient’s
exhalation. A device that is able to compensate for these volume
changes in the ventilator circuit would promptly eliminate the
undesired pressure swings in MAP. We refer to such a device as
the Demand Flow System (DFS).

There are two main advantages of the DFS. First, full com-
pensation of the gas volume changes in the ventilator circuit
completely eliminates MAP changes in the ventilator circuit
caused by a patient’s spontaneous breathing. As MAP is the
only parameter monitored by the HFO ventilator, for both op-
erational and safety reasons, functioning of the HFO ventilator
will not be affected by spontaneous breathing activity.

Next, rapid compensation of gas volume changes would sig-
nificantly reduce a patient’s breathing workload. This has been
already documented in [9] and [11]. When spontaneous breath-
ing of a patient connected to an HFO ventilator is desired, the
imposed work of breathing must be reduced. The DFS may
reduce imposed workload significantly, as it easily makes avail-
able any amount of inspiratory gas upon a patient’s demand.
Hence, the patient does not need to overcome the high resis-
tance components of the original HFO ventilator circuit.
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Fig. 2. Fundamental structure of the Demand Flow System.

III. DEMAND FLOW SYSTEM DESIGN

The DFS replaces the original fixed Qbf through the ventila-
tor circuit by gas flow instantaneously adjusted according to a
spontaneously breathing patient.

In the new configuration, presented in Fig. 1(b), the HFO ven-
tilator provides only the oscillations, assuring bidirectional gas
flow between the ventilator circuit and a patient’s lung, whereas
gas flow through the ventilator circuit is completely delivered
by the DFS. This system maintains the necessary bias flow and
simultaneously eliminates MAP changes in the ventilator cir-
cuit caused by spontaneous breathing. When a patient starts to
inhale, gas is removed from the ventilator circuit, which leads
to a drop in MAP, detected by a pressure sensor. In response,
the DFS increases the gas flow rate qDFS into the ventilator
circuit so that the flow through the expiratory balloon valve is
returned to its original value, and therefore MAP in the circuit
is maintained constant. Similarly, reduction of gas inflow into
the circuit maintains MAP unaltered during spontaneous exhala-
tion. As a result, MAP does not change regardless of a patient’s
spontaneous breathing effort.

The fundamental structure of the DFS is depicted in Fig. 2.
The pressure sensor (14PC03D, Honeywell, USA) converts the
proximal airway pressure paw , measured at the proximal end
of the endotracheal tube, to an analog voltage signal. The volt-
age signal is sampled and digitized by an A/D converter in a
data acquisition board (DAQCard-6024E, National Instruments
Corporation, Austin, TX, USA) and sent to a control computer,
where it is converted into a discrete proximal airway pressure
signal paw (k) at a discrete time k. A control algorithm (de-
scribed in the next section) realized in the MATLAB/Simulink
environment (The MathWorks, Nattick, MA, USA) calculates
the desired discrete value of the gas flow rate qDFS(k). Voltage
necessary for the proportional valve control is derived from the
qDFS(k) value using the conversion curve of the proportional
valve. The discrete value of the control voltage is converted into
an analog voltage control signal by the same data acquisition

board. After its D/A conversion, the analog voltage signal enters
a micro driver that actuates the proportional valve so that the
desired gas flow rate qDFS can be delivered into the ventilator
circuit. The valve, with a transition time 30 ms (10%–90%),
was obtained from a mechanical ventilator AVEA (CareFusion,
Yorba Linda, CA, USA).

The DFS operates in two modes referred to as MANUAL
and DEMAND. In the MANUAL mode, MAP value is acquired
as a 3 s moving average of paw . This measured MAP value
serves as the target MAP value for the regulator during the
DEMAND mode of operation. In the MANUAL mode the gas
flow rate is constant; it is set by a potentiometer. This value of
the flow rate is stored as the static Qbf when the DFS is switched
to the DEMAND mode. In the DEMAND mode, the variable
component of the gas flow is automatically computed, based on
the difference between the current proximal airway pressure paw
and the target MAP value. The proportional valve is adjusted so
that the total flow rate into the system is the sum of the static
Qbf rate and the calculated variable flow rate component.

IV. DEMAND FLOW SYSTEM CONTROL

DFS controls pressure in the ventilator circuit by means of
the variable gas inflow into the circuit. The control program
calculates the discrete value of the gas flow rate qDFS(k), based
on the knowledge of the discrete proximal airway pressure sig-
nal paw (k). A discrete-time linear quadratic Gaussian (LQG)
state feedback controller was employed; i.e., a combination of
a linear quadratic (LQ) state-feedback regulator and a state ob-
server estimating the unknown state of a system with Gaussian
stochastic disturbances. The controller is designed as a regula-
tor that rejects the disturbances to the paw (k) signal caused by
spontaneous breathing.

The selected state-space approach to control requires an in-
ternal model of a regulated system, of which the main part is a
model of a patient-ventilator system (the process model). The
state-variable representation of the process was derived for the
time-varying components of the gas flow rate qDFS and the
proximal airway pressure paw . A discrete-time version of this
arrangement was utilized by the LQG controller.

A. Process Model

A simple linear lumped-parameter model of the regulated
patient-ventilator system is presented in Fig. 3. The model was
created using an electro-acoustic analogy. In this model, an RC
network, together with pressure and gas-flow sources, is used
to approximate the behavior of a patient’s respiratory system,
the HFO ventilator, and the ventilator circuit [12]. A patient’s
respiratory system is modeled by resistor R1 , representing the
sum of airway and endotracheal tube resistance, and by capac-
itor C1 , representing the respiratory system compliance. The
patient’s spontaneous breathing is modeled by the source of
pressure pspont . Mechanical properties of an HFO ventilator
are described by resistor R2 , representing the airflow resistance
of the ventilator chamber, and by capacitor C2 , representing
its compliance. The oscillations generated by the ventilator
are introduced into the model using the pressure source pHFO .
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Fig. 3. Model of the regulated patient-ventilator system.

Concerning the ventilator circuit, the most significant mechani-
cal property is exhibited by the expiratory balloon valve, which
is, together with the expiratory circuit resistance, modeled by
resistor R3 . Gas inflow into the ventilator circuit from the DFS
is modeled by the controlled gas flow source qDFS . The pressure
nodes between their respective resistors and capacitors are de-
noted as p1 and p2 . Finally, the last remaining node in the model
refers to the proximal airway pressure paw . For the pressures p1 ,
p2 , and paw , the node equations can be derived in form:

p1 − paw

R1
+ C1

d(p1 − pspont)
dt

= 0 (1)

p2 − paw

R2
+ C2

d(p2 − pHFO)
dt

= 0 (2)

− qDFS +
paw − p1

R1
+

paw − p2

R2
+

paw

R3
= 0. (3)

As has already been mentioned, the constant gas flow qDFS
with the output resistor R3 assures the constant value of MAP
when a stable state is not disturbed by a patient’s respiratory ef-
fort. That is, paw = MAP = R3Qbf when qDFS = Qbf , where
Qbf is the static bias flow. However, in a general case, the instan-
taneous value of the proximal airway pressure paw may differ
from MAP by Δpaw :

paw = MAP + Δpaw = R3Qbf + Δpaw . (4)

Accordingly, p1 and p2 may be expressed as

p1 = MAP + Δp1 = R3Qbf + Δp1
p2 = MAP + Δp2 = R3Qbf + Δp2 .

(5)

The instantaneous value of the gas flow rate qDFS controlled by
the DFS may also differ from the static bias flow:

qDFS = Qbf + ΔqDFS . (6)

If (4)–(6) are substituted into (1)–(3), the system equations
for a state vector Δp12 = [Δp1 Δp2 ]

T can be derived as:

Δṗ12 = FΔp12 + GΔqDFS + w (7)

Δpaw = HΔp12 + RΔqDFS (8)

where

F =

[
G2

1 −G1 G

GC1

G1 G2
GC1

G1 G2
GC2

G2
2 −G2 G

GC2

]
, G = [ G1

GC1

G2
GC2

]T

w = [ ṗspont ṗHFO ] T ,H = [ G1
G

G2
G ] , R =

1
G

G1 =
1

R1
, G2 =

1
R2

, G3 =
1

R3
, G = G1 + G2 + G3 .

The actual values of the parameters used in the model are pre-
sented in APPENDIX.

Equations (7), (8) describe a linear, time-invariant,
continuous-time system with the input variable flow ΔqDFS
and the output pressure Δpaw , which is the difference between
the MAP and the actual paw . The bias flow Qbf does not in-
fluence the state vector Δp12 . The system state is, however,
affected by the first time derivatives of a patient’s spontaneous
breathing and high-frequency oscillations, i.e., by the vector w.
The controller handles w as process noise causing stochastic
perturbations in the system state.

The continuous-time state-space model given by (7) and (8)
has been discretized with a sampling rate of Ts = 200 Hz. The
equivalent discrete-time equations are:

Δp12(k + 1) = ΦΔp12(k) + ΓΔqDFS(k) + w(k) (9)

Δpaw (k) = HΔp12(k) + RΔqDFS(k) (10)

where Δp12(k) = [Δp1(k) Δp2(k)]T , Φ = exp {FTs}, and
Γ = (

∫ T s

0 exp{F τ}dτ)G. The matrices Φ and Γ have been
derived from matrices F and G in a standard way by solving (7)
for discrete time points kTs and (k + 1)Ts , and further assuming
that ΔqDFS is constant between the time points [13].

B. Controller Design

The paw signal consists of three principal components; two of
them are variable in time and one is constant. The variable pres-
sure components are the high-frequency oscillations produced
by the HFO ventilator and the pressure swings caused by spon-
taneous breathing. These patient-induced pressure swings con-
tain predominantly lower frequency components than the high-
frequency oscillations. The two variable pressure components
are superimposed on a steady value of MAP. The control algo-
rithm separates the constant MAP value and the high-frequency
oscillations from paw (k). The remaining pressure signal com-
prises the spontaneous breathing component only and has to be
suppressed by the controller.

The implemented signal-processing procedure can be fol-
lowed in Fig. 4. First, Δpaw (k) is computed by subtracting the
known target value of MAP from the discrete-time output of the
process paw (k). Then, the high-frequency pressure oscillations
are removed using a low-pass, second order discrete Butterworth
filter with a cutoff frequency of 1.5 Hz. The discrete-time out-
put signal e(k) of the filter represents the undesired perturbation
in the proximal airway pressure signal due to the spontaneous
breathing. The objective of the LQ regulator with the feedback
gain vector of −K is to minimize the filter output signal e(k).

The LQ regulator calculates the variable discrete flow-
rate component ΔqDFS(k) that minimizes the quadratic loss
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Fig. 4. Block diagram of the Demand Flow System control algorithm.

function JLQ :

JLQ =
∞∑

k=0

(
eT(k)Qee(k) + ΔqDFS(k)TQqΔqDFS(k)

)
(11)

where Qe and Qq are positive weighting parameters. A one-step
delay block was placed after the LQ gain block to prevent an
algebraic loop. The desired discrete value of the total gas flow
rate is calculated as qDFS(k) = Qbf + ΔqDFS(k − 1).

A system controlled by the LQG controller is a serial connec-
tion of the delay block, the patient-ventilator system, and the
low-pass filter. In the process model, MAP, determined by Qbf
and R3 , is completely separated from proximal airway pressure
swings Δpaw . Therefore, the steady components MAP and Qbf
are not relevant for the process of regulation, and for the LQG
controller the patient-ventilator system is represented by (9) and
(10).

The LQ regulator requires the full state information of the
controlled system. As the process variables p1 and p2 cannot be
measured and as the state Δp12(k) is subject to the stochastic
perturbation w(k) according to (9), a linear state estimator—the
Kalman filter—is used to estimate Δp12(k) from the process
input and the process output as Δp̂12(k|k). The separation the-
orem guarantees that the LQ regulator can be designed indepen-
dently of the Kalman filter as if the full-state information was
available [13]. For the LQ regulator, the process is represented
by the deterministic part of (9), i.e., without the vector w(k).

The system controlled by the LQ regulator can be described
by the following equations:

x(k + 1) = Ax(k) + BΔqDFS(k) (12)

e(k) = Cx(k) (13)

where A =

⎡
⎣ 0 0 0

Γ Φ 0
BLPFR BLPFH ALPF

⎤
⎦, B = [1 0 0

0 0]T , and C = [DLPFR DLPFH CLPF ]T . 0 is null ma-
trix. The matrices ALPF , BLPF , CLPF , and DLPF originate
in the state-space representation of the low-pass Butterworth
filter. The state vector x(k) consists of the state of the de-
lay block xd(k) = ΔqDFS(k − 1), the process state estimate
Δp̂12(k|k), and the low-pass filter state xLPF (k): x(k) =
[ΔqDFS(k − 1) Δp̂12(k|k) xLPF(k)]T .

The loss function (11) can thus be rewritten as

JLQ =
∞∑

k=0

(
xT(k)Q(k) + ΔqDFS(k)TQqΔqDFS(k)

)
(14)

where Q = CTQeC is a positive symmetric semidefinite
weighting matrix.

A solution to the LQ problem is a linear control law in the
form of

ΔqDFS(k) = −Kx(k). (15)

The regulator constant gain K is calculated from

K = [Qq + BTSB]−1BTSA (16)

where S is a solution of the algebraic Riccati equation [13], [14]:

S = ATSA − ATSB[Qq + BTSB]−1BTSA + Q. (17)

Values of the weights used for the LQ regulator are presented in
APPENDIX.

The Kalman filter generates the a posteriori estimate
Δp̂12(k|k), which in each time step minimizes the criterion:

JKF =E[ (Δp12(k)−Δp̂12(k|k))T (Δp12(k)−Δp̂12(k|k))]

=Tr
{
E[(Δp12(k)−Δp̂12(k|k)) (Δp12(k) − Δp̂12(k|k))T ]

}
= Tr {P(k|k)} (18)

where Tr{} denotes the matrix trace operator and P(k|k) is the
covariance of the estimation error of Δp̂12(k|k). The Kalman
filter assumes a stochastic linear discrete-time single-input
single-output system given by (9) and by

Δpaw (k) = HΔp12(k) + RΔqDFS(k) + v(k) (19)

with w(k) in (9) and v(k) in (19) being white, zero-mean, and
mutually independent discrete-time Gaussian stochastic pro-
cesses. The process noise w(k) and the measurement noise
v(k) have positive semidefinite covariance matrices W and V,
respectively:

E[w(k)w(j)T ] = Wδ(k − j)

E[v(k)v(j)T ] = Vδ(k − j)

E[w(k)v(j)T ] = 0 (20)

where δ(k − j) = 1 for k = j, otherwise δ(k − j) = 0.
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The Kalman filter estimates the state vector Δp̂12(k|k) as
follows:

Δp̂12(k|k) = Δp̂12(k|k − 1)

+ L[Δpaw (k) − HΔp̂12(k|k − 1) − RΔqDFS(k)] (21)

where

Δp̂12(k|k − 1) = ΦΔp̂12(k − 1|k − 1) + ΓΔqDFS(k − 1)
(22)

is the a priori estimate of the state vector before the measurement
Δpaw (k) is taken into account, and L is the innovation gain,
steady-state value of which can be evaluated offline before the
filter operates [13], [15]. Values of W and V used in the model
are listed in APPENDIX.

Due to the nonzero direct transmission term R �= 0 in the
process model (19), Δpaw (k) depends directly on the input
ΔqDFS(k) as does the state estimate Δp̂12(k|k) according
to (21). The state estimate should be, however, used to set
ΔqDFS(k) due to the LQ controller feedback law expressed by
(15). To avoid the algebraic loop, the one-step delay block was
integrated into the regulator state feedback. As can be seen in
Fig. 4, the output of the LQ gain block is the flow rate ΔqDFS(k),
yet the Kalman filter estimates the system state Δp̂12(k|k)
from the process input ΔqDFS(k − 1) and the process output
Δpaw (k).

V. BENCH TEST

A breathing simulator ASL 5000 ACTIVE SERVO LUNG (Ing-
Mar Medical, Pittsburgh, PA, USA) was used to test the perfor-
mance of the DFS during HFOV and for verifying the function
of the controller. The objective of the experiment was to eval-
uate the ability of the DFS to maintain constant MAP during
simulated spontaneous inspiration and expiration.

The ASL 5000 is a lung simulator that has frequently been
used for ventilator testing as a model of an active respiratory
system [16]–[19]. The principal component of the breathing
simulator is a moving piston in a cylinder, precisely controlled
by a computer. The change of volume and pressure in the cylin-
der due to the piston movement generates the desired breathing
pattern and mimics mechanical properties of the respiratory sys-
tem according to the adjusted mechanical parameters.

During the experiment, the breathing simulator was con-
nected to a SensorMedics 3100B ventilator [Fig. 1(b)]. The
interconnection consisted of a CURITY tracheal tube number 8
(Kendall-Gammatron, Sampran, Thailand), an orifice flow sen-
sor [20], and a parabolic pneumatic resistor Rp5 (Michigan
Instruments, Grand Rapids, MI, USA) simulating resistance of
the real adult respiratory system. The breathing simulator was
operated in the SmartPump mode as a flow pattern generator.

Step changes in flow rate qaw between the ventilator circuit
and the lung simulator were applied to mimic the worst possible
breathing patterns of spontaneous breathing. The ideal preset
flow pattern is shown in upper charts of Figs. 5 and 6. The
inspiration was simulated by a sudden increase in gas flow into
the simulator from the ventilator circuit. A constant inspiratory
flow rate of 30 L/min was held for 3 s. After another 3 s period

Fig. 5. Ideal flow pattern between the ventilator circuit and the simulator ASL
5000 (upper chart) and the proximal airway pressure measured for suppressed
high-frequency oscillations (lower chart). The proximal pressure was measured
with the DFS switched ON (black line) and OFF (gray line).

Fig. 6. Ideal flow pattern between the ventilator circuit and the simulator
ASL 5000 (upper chart) and the proximal airway pressure measured for high-
frequency oscillations at frequency 15 Hz and amplitude 15 cm H2 O (lower
chart). The proximal pressure was measured with the DFS switched ON (black
line) and OFF (gray line).

of zero flow, 3 s reverse gas flow from the simulator into the
ventilator circuit was introduced in order to simulate a patient’s
exhalation.

Fig. 5 presents results of a test with the high-frequency os-
cillations suppressed in amplitude. Fig. 6, on the other hand,
presents the test results for the amplitude of high-frequency
oscillations set to 15 cm H2O and oscillatory frequency set to
15 Hz. In both tests Qbf was 40 L/min and the MAP value was
20 cm H2O. Lower charts in Figs. 5 and 6 compare the prox-
imal airway pressure waveforms of a system with the DFS in
the MANUAL mode (gray line)—where the DFS controller
was inactive—and of a system in the DEMAND mode (black
line)—where the DFS was active.

With the DFS controller inactive, MAP decreased approx-
imately by 13 cm H2O during simulated inspiration and in-
creased approximately by 12 cm H2O during expiration. On the
contrary, with the DFS in operation MAP changed briefly at the
beginning of inspiration and expiration, but was always returned
to its preset value, followed by slight oscillations.
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TABLE I
COMPARISON OF VENTILATORY PARAMETERS DURING HFOV IN PIGS

WITHOUT AND WITH THE DFS

The DFS trigger performance was assessed from the reaction
to simulated inspiration with high-frequency oscillations sup-
pressed. The same evaluation criteria were applied as in [21]:
triggering delay and inspiratory delay. The triggering delay, de-
fined as the time between the start of simulated breathing effort
and the maximum drop in paw , was 50 ms. The inspiratory de-
lay, defined as the time between the start of simulated breathing
effort and the time when paw reached the MAP level again, was
115 ms.

VI. ANIMAL EXPERIMENT

In order to test the effectiveness of the DFS, an experiment
on 8 Dalland pigs (53 ± 6.5 kg) were conducted. This study was
approved by the Animal Welfare Committee of the VU (Vrije
Universiteit) University Medical Center, Amsterdam.

After induction of anesthesia (0.5 mg atropine, 0.5 mg/kg mi-
dazolam and 10 mg/kg ketamine i.m.), an ear vein was cannu-
lated and propofol 3 mg/kg was injected before endotracheal
intubation with a cuffed tube (i.d. 8 mm). Anesthesia was main-
tained with continuous infusion of propofol 4 mg/(kg·h) and
remifentanil 0.4 μg/(kg·min) during instrumentation. When ap-
propriate, spontaneous breathing was suppressed with pancuro-
nium bromide 0.3 mg/(kg·h). Arterial and venous access was
assured for arterial blood gas sampling and to infuse fluids and
anesthetics. Animals were placed in supine position on a heated
table; body temperature was kept in the normal range (38–
39 ◦C). In order to simulate a lung disease, surfactant deficiency
was induced by a single whole lung lavage with 30–40 mL/kg
37 ◦C normal saline at 5 kPa, followed by a 1 h stabilization
period of MV with a Servo 900 C ventilator (Maquet Critical
Care AB, Solna, Sweden) in volume-controlled mode with the
following settings: frequency 20 breaths per minute, inspira-
tory pause time 0.6 s, positive end-expiratory pressure 0.5 kPa,
inspiration to expiration ratio 1:2, tidal volume 10 mL/kg was
adjusted to maintain normocapnia (PaCO2 38–45 mm Hg) and
pure oxygen was used for ventilation. Lavage was repeated after
1 h, after which the ventilator settings remained unchanged for
30 min.

In order to evaluate the DFS effects, the animal was switched
to a SensorMedics 3100B HFO ventilator equipped with the
DFS. To allow spontaneous breathing, propofol dosage was
lowered to 2 mg/(kg·h), remifentanil to 0.05–0.1 μg/(kg·min).
Airway pressure paw was measured at the distal end of the
endotracheal tube and the corresponding airflow was recorded.
From these measured variables, the spontaneous tidal volume
VT and imposed work of breathing iWOB were calculated and

Fig. 7. Pressure-volume loops recorded in a spontaneously breathing pig con-
nected to HFO ventilator using a standard configuration and with the DFS.

compared during HFOV with the standard configuration and
during HFOV with the DFS.

Changes of spontaneous breathing parameters during HFOV
before and after introduction of the DFS are summarized in
Table I.

The main effects of the DFS upon the spontaneous breathing
parameters are demonstrated in a form of pressure-volume loops
in Fig. 7. The figure shows a remarkable reduction of paw swings
and a significant increase in spontaneous VT . As the area of
each pressure-volume loop represents iWOB, the reduction of
this area when the DFS was in operation implies a significant
reduction in iWOB.

Use of the DFS reduced iWOB by 83% (p < 0.001) and
increased spontaneous VT by 51% (p < 0.001). The DFS in-
creased minute ventilation of the spontaneously breathing pigs
by 36% (p < 0.001).

VII. DISCUSSION

A unique system supporting spontaneous breathing of a pa-
tient connected to an HFO ventilator has been designed. Ac-
cording to the results of the completed bench test, the system
is able to maintain a constant value of MAP in a ventilator cir-
cuit regardless of spontaneous breathing activity of a ventilated
patient. This has two important benefits. From the patient’s per-
spective, spontaneous breathing requires less effort and should
be better tolerated during HFOV. This could theoretically limit
the commonly needed use of heavy sedation and application of
muscular paralysis during HFOV in clinical practice. Next to
this, a stable MAP assures undisturbed HFO ventilator function.

The response of the DFS to simulated inspiration and expira-
tion is presented in Fig. 5 for the model case when the ventilator
does not produce any high-frequency oscillations and, in Fig. 6,
for a real situation with high-frequency oscillations. The figures
show the ability of the DFS to maintain MAP constant. The
DFS trigger performance is similar to the performance of mod-
ern ventilators currently used in clinical practice. The triggering
delay of the DFS was 50 ms and is as fast as modern mechanical
ventilators [21]. The inspiratory delay was 115 ms, compared
to 94 ms reported for modern ventilators.
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Transient pressure peaks in the paw signal develop as a reac-
tion to sudden change in gas flow through the respiratory system.
A rectangular pattern of the gas flow was selected as the worst
possible (and theoretical only) waveform. In a real respiratory
system, the change in the gas flow is more gradual, thus the
transient peaks will be significantly less expressed. Moreover,
the fast pressure swings during the transient response contain
high-frequency spectral components which do not propagate
deep into the respiratory system [23].

The recorded pressure signals presented in Fig. 6 document
a change in amplitude of high-frequency oscillations generated
by an HFO ventilator during spontaneous breathing simula-
tion. The change in amplitude of the oscillations is caused by
two combined phenomena. First, the ventilator as a source of
the oscillations works into a changing load impedance. The
load impedance changes especially due to the internal volume
variation inside the lung simulator, directly determining the
load compliance. Second, due to the nonlinearity of the HFO
ventilator, the oscillating membrane exhibits different move-
ments with changes in MAP, thus producing different pressure
amplitudes.

The fundamental requirement of the designed control sys-
tem is to separate the high-frequency oscillations from spon-
taneous breathing in the proximal airway pressure signal. Ac-
cording to Fig. 6, the changes in MAP are suppressed while the
high-frequency oscillations are preserved. The high-frequency
oscillations are separated from the spontaneous breathing sig-
nal by a low-pass Butterworth filter with a cutoff frequency
of 1.5 Hz. Energy of the high-frequency oscillations is con-
centrated at frequencies higher than 1.5 Hz. Nevertheless, the
spontaneous breathing band is not limited to frequencies un-
der 1.5 Hz. When the signal related to a patient’s sponta-
neous breathing contains higher frequency components, which
occur during sudden changes in paw , these transient high-
frequency components cannot be fully suppressed by the
DFS.

The performance of the LQG controller depends on the ac-
curacy of the model used for the description of the controlled
system. Imperfections in the process model may be the rea-
son why small swings in paw are observed when the high-
frequency oscillations are switched OFF and the flow due to
spontaneous breathing is zero (Fig. 5). The present model
handles both the spontaneous breathing swings and the high-
frequency oscillations as white, zero-mean Gaussian stochas-
tic processes. This assumption is inaccurate, especially for
high-frequency oscillations. A more precise description of the
high-frequency oscillation properties may improve the pro-
cess state estimation. Furthermore, the model does not con-
sider inertial properties of gas which are not insignificant
during HFOV, when moving gas matter changes its velocity
rapidly. An improved model should, therefore, contain iner-
tances. Finally, the model assumes a linear relationship be-
tween MAP and the bias flow in the ventilator circuit. Nev-
ertheless, the resistance of the expiratory balloon valve of the
HFO ventilator changes with variations in MAP, which can-
not be taken into consideration in the linear model used in the
DFS.

In addition to keeping MAP constant, there was a requirement
that DFS should significantly reduce iWOB and, therefore, make
the spontaneous breathing easier for a patient.

The positive effects of the DFS on ventilatory and physiolog-
ical parameters have been tested during the animal experiment.
The results of the study demonstrate that the DFS facilitates
spontaneous breathing and significantly reduces iWOB during
HFOV by more than 80%. The amount of support during spon-
taneous breathing can be influenced, in this setup, by changing
the pressure-sampling site to regulate the DFS. Even additional
pressure support can be generated to overcome iWOB caused by
the endotracheal tube and physiologic work of breathing. The
study confirms the former bench test results.

As spontaneous breathing during HFOV without additional
support is inefficient in adult patients, there is a lack of studies
describing the effects of spontaneous breathing during HFOV
on regional lung functions. A recently published study utiliz-
ing the DFS investigates the effect of spontaneous breathing on
lung aeration and the distribution of ventilation [24]. The results
show that spontaneous breathing with DFS during HFOV pre-
served end-expiratory lung volume, predominantly in the dorsal
dependent lung zones, that the use of DFS during HFOV shifted
the center of ventilation to the dependent lung zones when com-
pared with HFOV with muscular paralysis, and that there was
no indication that spontaneous breaths during HFOV results in
regional hyperinflation. Spontaneous breathing during HFOV
also improves gas exchange and oxygenation parameters [22].
All of the mentioned effects of spontaneous breathing facili-
tated by the DFS may have a significant clinical importance.
This concept will give HFOV the chance to prove its potential
role as early therapy in patients with acute lung injury or acute
respiratory distress syndrome [25].

VIII. CONCLUSION

The only system developed so far that effectively supports
spontaneous breathing during HFOV was described in this study.
First of all, DFS prevents the negative impact of the spontaneous
breathing on the ventilator function. In addition, imposed work-
load of a patient spontaneously breathing through the ventilator
circuit is significantly reduced with the DFS. The bench test sim-
ulations and the animal experiment suggest that the presented
DFS might help to extend the use of HFOV in clinical practice,
especially in adult patients.

APPENDIX

Process model parameters:
R1 = 2 kPa·s/L, R2 = 0.02 kPa·s/L, R3 = 4 kPa·s/L,
C1 = 1 L/kPa, C2 = 0.15 L/kPa.
LQ regulator parameters:
Qe = 200, Qq = 1.
Kalman filter parameters:
W = diag([105 105]), V = 10−2 .
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lic, on May 11, 1971. He received the M. Eng. (Ing.)
degree, in 1994, and the Ph.D. degree, in 2001, in
radioelectronics from the Czech Technical Univer-
sity in Prague, Faculty of Electrical Engineering; re-
ceived the Associate Professor (doc.) degree (2006)
in biomedical engineering at Technical University in
Kosice, Slovakia.

He is currently with the Czech Technical Univer-
sity in Prague, Faculty of Biomedical Engineering in
Kladno. His research activities are mainly aimed at

artificial lung ventilation and biomedical instrumentation.
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