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Abstract

:

Left ventricular assist devices (LVADs) are emerging innovations that provide a feasible alternative treatment for heart failure (HF) patients to enhance their quality of life. In this work, a novel physiological control system to optimize LVAD pump speed using an H-infinity controller was developed. The controller regulates the calculated target pump flow vs. measured pump flow to meet the changes in metabolic demand. The method proposes the implementation of the Frank–Starling mechanism (FSM) approach to control the speed of an LVAD using the left ventricle end-diastolic volume (Vlved) parameter (preload). An operating point was proposed to move between different control lines within the safe area to achieve the FSM. A proportional–integral (PI) controller was used to control the gradient angle between control lines to obtain the flow target. A lumped parameter model of the cardiovascular system was used to evaluate the proposed method. Exercise and rest scenarios were assessed under multi-physiological conditions of HF patients. Simulation results demonstrated that the control system was stable and feasible under different physiological states of the cardiovascular system (CVS). In addition, the proposed controller was able to keep hemodynamic variables within an acceptable range of the mean pump flow (Qp) (max = 5.2 L/min and min = 3.2 L/min) during test conditions.
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1. Introduction


A patient with heart failure (HF) may have difficulty continuing the heart cycle due to the prevention of or reduced blood flow to the heart. HF may affect the right or left side of the heart, or both. This could be a chronic (persistent) or severe (short-term) disease. Several causes, including coronary artery disease, congenital disabilities, excessive high blood pressure, heart attacks, and valve disorders, usually cause HF [1]. The most severe form of heart disease is congestive HF, which can cause pulmonary edema, while less common HF can cause peripheral edema. Despite the spread of this disease in several countries, medical treatment is well established in this field. Improving the quality of life for those who suffer from the disease remains a difficult challenge [2,3].



Although medical HF management has been enhanced, cardiac transplantation remains the best treatment for HF at the end stage. Nevertheless, the lack of transplantation donor hearts, drug limitations, and surgical procedures have aided in implementing numerous schemes of mechanical support for the most seriously ill HF patients [4]. Left ventricular assist devices (LVADs), known as implantable rotary blood pumps (IRBPs), can turn into a viable long-term alternative for the bridging of cardiac transplants or indefinite assistance (destination therapy). The third generation of the ventricular assist device (VAD) can offer a valuable solution, due to its ability to perform long-term functions in working conditions compatible with human body physiology. Compact sizes and light weights are the key features of the design that make it secure for patients. It improves patients’ ability to leave the hospital and return to a healthy life [5].



VADs, including both the pulsatile flow (PF) and the continuous flow (CF) (or IRBPs), are mechanical pump systems used to replace the HF function as a whole or partially. Generally, VADs are used for limited periods, particularly in patients with transplant bridges or a cardiovascular recovery; other medications are intended for high or long-term implantation in patients with HF. Supporting systems may be either LVAD or a right ventricular assistance device (RVAD) or both bi-ventricular (BiVAD) at the same time. BiVAD support systems could be pneumatic and pulsatory extracorporeal devices. Technically, these devices are so well designed to achieve clinical application. The third generation of VADs involve continuous flow rotor pumps that use a rotating pump to transmit flow and blood pressure. These VADs are fully levitating, rotating without mechanical contact, hydrodynamic bearings, magnetic layers, or combinations of the two [6,7].



VAD is a pump that helps the heart maintain blood flow from the weak left ventricle (LV) to the aorta. The VAD characteristic response to hydrodynamic load changes contradicts the body’s requirements [6]. The pumps steadily decrease pressure and flow difference, and the body needs more fluid to increase the pressure. The operating speed of the VAD should, therefore, be adjusted to satisfy the physiological demand of a patient based on a changing preload and afterload [8]. However, hemolysis induction, thrombus, and tissue damage at the VAD induction may occur in the LV at relatively high LVAD rates of operation. Therefore, any control strategy should be able to regulate the flow through the VAD. A feedback control method is usually used to adjust the current signal (pulse-width modulation signal) and then flow signals according to the patient’s activity. This scenario depends on multiple parameters leading from increasing or decreasing the current supply, which monitors the flow of blood and adjusts it according to the requirements [9,10].



In VAD pumps, there is only one control input, which is the pump speed, and only one control output, which is the pump flow rate. However, IRBPs are required for meeting various medical demands (control objectives), such as:




	
Maintaining the circulation of a patient with HF.



	
Controlling the flow rate to meet the changes in metabolic demand.



	
Making a physiological flow pattern (pulsatile flow).



	
Unloading the left ventricle.



	
Preventing inflow suction.



	
Preventing aortic valve insufficiency.








Therefore, the pump speed is controlled by various control methods (VAD control) based on multiple input information (VAD variables) to meet these demands. Based on this concept, several physiological regulation control methods for VAD were proposed and validated in different clinical conditions. These include the flow rate control [11,12], pump differential pressure [13], aortic pressure [14], pulsatility index [15] or heart rate regulation [16], suction limit control [17], and aortic valve function [18]. On the other hand, controlling VAD pumps requires continuous flow and pressure sensors. However, using pressure and flow sensors increases the complexity of implementation, due to the need for periodic calibration, which minimizes battery life and decreases overall device reliability [10].



Several research groups were developed, and they implemented sensorless approaches to estimate the flow and differential pressure [19,20,21]. Nevertheless, after a closer analysis of these approaches, it was evident that some pumps’ features lead to significant differences among the estimator algorithms proposed empirically and, probably, to each pump design. As a result, suction or overperfusion may occur at any time of work operation for VAD pumps [10]. Therefore, to solve this issue, suction limit control was proposed to solve the challenges under perfusion caused by a low set-point value for the flow [22,23]. Suction limit control maximizes the perfusion by operating the pump at the most significant possible speed before suction. However, because the region of suction start is often limited, ventricular suction occurs frequently in response to a decrease in preload. Additionally, this control strategy may expose the patient to an increased risk of over-perfusion due to the difficulties in detecting the over-perfusion or suction [24]. A physiological controller for VADs means a variable speed control of the VAD pump based on the physiological demand of HF patients. However, this kind of VAD control remains a significant challenge [8,25]. Therefore, to achieve this goal, it is essential to implement the principle of the Frank–Starling mechanism (FSM). In recent work, Bakouri et al. [12] presented a clinically intuitive Starling-like controller for pump flow that mimics the heart’s Frank–Starling law—the LV outflow decreases as the preload, i.e., the LV filling pressure, increases.



The current study presents an advanced physiological control method that utilizes the sensorless estimator to estimate the pump flow. The objective of this controller is to emulate FSM by controlling the operating point through the preload control lines within the safe zone to prevent suction and over-prefusion. Furthermore, an optimal H-infinity control method is proposed to adopt the physiological requirements for an LVAD. To our knowledge, this is the first study in which an H-infinity controller is employed to control an LVAD.




2. Materials and Methods


2.1. Control Strategy


In general, Starling’s law of the heart states that increasing ventricular filling pressure (or preload) increases stroke volume or cardiac output. As a result, variations in myocardial contractility can be achieved at any given filling pressure for the heart or by the decrease in contractility, which results in a reduction in the output and vice versa, as shown in Figure 1a. It has been well established through studies in the literature and animal experimental results that the pump flow pulsatility is dependent on the LV filling pressure. Therefore, we used this dependency to implement a control method to drive the VAD pump [26,27].



Figure 1b depicts the operation mechanism of a Starling-like controller. In this mechanism, the system operating point is defined as the point at which the target flow preload line intersects with the system flow preload curve (denoted by the letter ‘C’ in Figure 1b). This mechanism is formed by altering the LVAD speed at any given instant in time. As a result, pump flow pulsatility decreases, and the pump flow increases when the LVAD speed is increased. However, reducing the LVAD speed provides the inverse response when the LVAD speed is decreased. In addition, circulatory circumstances influence the system flow preload curve. For example, increasing the total circulatory volume causes the flow preload curve in the system to move to the right (from C1 to C2, as illustrated in Figure 1b).




2.2. Pump Flow Estimator Model


A pump flow estimator model was developed and validated by our research group to estimate the mean pump flow of an LVAD [28]. Two dynamical time variant single-input single-output autoregressive models with exogenous input (ARX) were used as a series connection to achieve this object. In the first ARX model, the pulse-width modulation signal (  P W M  ) was used to estimate the pulsatility index of the pump rotational speed (  P  I ω   ) as:


   ξ 1  ( n + 1 ) +   ∑  i = 1  k    a i  ( n − i + 1 )  ξ 1  ( n − i + 1 ) =     ∑  j = 1  m    b j  ( n − j + 1 ) u ( n − j − l + 1 )   +  e 1  ( n )  



(1)







Here,    ξ 1  ( n )   is the   P  I ω   ,   u ( n )   is the   P W M  ,   a ( n )   and   b ( n )   are the output and input time varying system parameters, respectively;    e 1  ( n )   is the model noise,  l  is the delay value,  n  is the sampling time, and  k  and  m  are the model output and input orders, respectively.



The output of the first ARX model was used as the input to the second ARX model to estimate the pulsatile flow (   Q p   ) as:


   ξ 2  ( n + 1 ) +   ∑  i = 1  k    c i  ( n − i + 1 )  ξ 2  ( n − i + 1 ) =     ∑  j = 1  m    d j  ( n − j + 1 )  ξ 1  ( n − j − q + 1 )   +  e 2  ( n )  



(2)







Here,    ξ 2  ( n )   is the estimated    Q p   , and   c ( n )   and   d ( n )   are the output and input time varying system parameters, respectively;    e 2  ( n )   is the model noise and  q  is the delay value.



In both models, a recursive least square method was used to estimate the model parameters of the system. The resulting dynamical estimator model can be given as:


    ξ ( n + 1 ) = A ξ ( n ) + B u ( n ) + μ ( n )      Q p  ( n ) = C ξ ( n ) + D u ( n )    



(3)




where   ξ ( n )   is the states of model estimator,   u ( n )   is the pump control input, which is the pulse width modulation,   P W M  ,   μ ( n )   is the process noise,    Q p    is the system output, and   A ,   B ,   C   and  D  are the model matrices.




2.3. Controller Design


This work aimed to design an automatic controller by changing the control output based on the difference between a given point and a measured process variable. Thus, the device output value is transmitted as the system input. In particular, an optimal H-infinity controller was used to drive the LVAD by regulating the target pump flow and measuring the pump flow for each cardiac cycle [29]. Figure 2 depicts the proposed control system to obtain a Starling-like controller. In this Figure, the gradient angle (θ) is calculated using a proportional–integral (PI) controller. As a result, the angle automatically adjusts the pump flow within the corresponding upper or lower limits (green square). Therefore, this angle can be calculated as:


  θ =  k  p , θ   (  e   Q p    +  e  P  I   Q p      ) +  k  i , θ     ∫  (  e   Q p    +  e  P  I   Q p      )     



(4)




where    k  p , θ     is the proportional gain and    k  i , θ     is the integral gain. Therefore, the target pump flow (   Q t   ) can be calculated based on  θ  as:


   Q t  = P    I   Q P     ∗  tan ( θ )  



(5)




where   P  I   Q P      is the pulsatility of the pump flow. If either the pump flow or pump flow pulsatility lie outside their corresponding upper or lower limits, the gradient angle ( θ ) is automatically modified using the PI controller to adjust the pump flow or pump flow pulsatility back to their corresponding upper or lower limits.



In this method, an H-infinity controller was proposed to robustly drive the LVAD pump. Therefore, the model in Equation (1) is linearized by the fractional transformations method as:


    ξ ( n + 1 ) = A ξ ( n ) +  B 1  δ ( n ) +  B 2  u ( n )     η ( n ) =  C 1  ξ ( n ) +  D  11   δ ( n ) +  D  12   u ( n )     Q ( n ) =  C 2  ξ ( n ) +  D  21   δ ( n ) +  D  22   u ( n )    



(6)







In terms of the input and output vectors, the   P ( s )  , which represent the interconnected system, can be written as:


    η ( n ) =  P  η δ   δ ( n ) +  P  η u   u ( n )     Q ( n ) =  P  Q δ   δ ( n ) +  P  Q u   u ( n )    



(7)




where  η  is the regulated output that needs to be minimized and  δ  is the exogenous input. Thus, we can write the pump control input as:


  u ( n ) = K Q ( n )  



(8)




as a result, it is feasible to represent the dependency of  η  on  δ  as:


  η ( n ) =  Τ  η δ   δ ( n )  



(9)




where    Τ  η δ     is known as the lower linear fractional transformation and given by:


   Τ  η δ   =  P  η δ   +  P  δ u   K   ( 1 −  P  Q u   K )   − 1    P  Q δ    



(10)







Here, we need to minimize    Τ  η δ     in accordance with the infinity norm to find the controller,   K ( s )  ; therefore, we can write:


    ‖   Τ  η δ    ‖  ∞  =    sup   ω   σ ˜     Τ  η δ     j ω      



(11)







Therefore, the controller,   K ( s )  , is only be stabilizable for the   P ( s )   if and only if the infinity norm of the closed transfer function,    Τ  η δ    , is less than a specified level ( λ  = positive scalar):


  M i n      Τ  η δ      ∞  ≤ λ  



(12)







To obtain   K ( s )  , the system used weighting matrices of controller gain (   K c   ) and estimator gain (   K e   ) as a pert from the solution of two algebraic Riccati equations:


   K c  =      D 12 ′   D  12       − 1      B 2 ′   ψ ∞  +  D 12 ′   C 1     



(13)






   K e  =      D  12    D 21 ′      − 1      C 2 ′   Ω ∞  +  D 21 ′   B 1     



(14)




where    ψ ∞    and    Ω ∞    are the positive semi-definite solutions to the Riccati equations for the controller and estimator, respectively:


   ψ ∞  = R i c       A −  B 2    (  D 12 ′   D  12   )   − 1    D 12 ′   C 1       λ  − 2    B 1   B 1 ′  −  B 2    (  D 12 ′   D  12   )   − 1    B 2 ′        −   C ˜  1 ′    C ˜  1      −     A −  B 2    (  D 12 ′   D  12   )   − 1    D 12 ′   C 1     ′         



(15)







Here,     C ˜  1  =   1 −  D  12     (  D 12 ′   D  12   )   − 1    D 12 ′   C 1     


   Ω ∞  = R i c       A −  B 1    (  D  21    D 21 ′  )   − 1    D 21 ′   C 2       λ  − 2    C 1   C 1 ′  −  C 2    (  D  21    D 21 ′  )   − 1    C 2 ′        −   B ˜  1 ′    B ˜  1      −     A −  B 1    (  D  21    D 21 ′  )   − 1    D 21 ′   C 2     ′         



(16)







Here,     B ˜  1  =  B 1    1 −  D 21 ′    (  D  21    D 21 ′  )   − 1    D  21      .



It is necessary that positive semidefinite solutions to the two Riccati equations satisfy the spectral radius criteria given below, in order to be used as a stabilizing compensator. Therefore, we can write:


  ρ    ψ ∞   Ω ∞    <  λ 2   



(17)







Thus the compensator model is given by:


   ξ ⌢    n + 1   = A  ξ ⌢  ( n ) +  B 2  u ( n ) +  B 1   δ ⌢  ( n ) +  η ∞  ( n )  K e  ( Q ( n ) −  Q ⌢  ( n ) )  



(18)







Here,    Q ⌢  ( n ) =  C 2   ξ ⌢  ( n ) + (  λ  − 2    D  21    B 1 ′   ψ ∞  )  ξ ⌢  ( n )  ,    δ ⌢  ( n ) = (  λ  − 2    B 1 ′   ψ ∞  )  ξ ⌢  ( n )  ,    η ∞  ( n ) =   ( 1 −  λ  − 2    Ω ∞   ψ ∞  )   − 1     and   u ( n ) = −  K c   ξ ⌢  ( n )  , where  u ,   ξ ⌢  ,   δ ⌢  , and   Q ⌢   are the control inputs to the plant, estimated states, estimated exogenous inputs, and estimated measured outputs, respectively.



Therefore, the controller matrix   K ( s )   is written as:


  K ( s ) =       A −  B 2   K c  −  η ∞  ( n )  K e   C 2  +  λ  − 2   (  B 1   B 1 ′  −  η ∞  ( n )  K e   D  21    B 1 ′  )  ψ ∞       η ∞  ( n )  K e        −  K c     0       



(19)




and the state space of the closed loop system can be written as:


        ξ ( n + 1 )        ξ ⌢  ( n + 1 )       =      A    −  B 2   K c         η ∞  ( n )  K e   C 2      A −  B 2   K c  +  λ  − 2    B 1   B 1 ′   ψ ∞  −  η ∞  ( n )  K e  (  C e  +  λ  − 2    D  21    B 1 ′   ψ ∞  )             ξ ( n )        ξ ⌢  ( n )       +        B 1         η ∞  ( n )  K e   D  21         δ ( n )  










        η ( n )       Q ( n )       =        C 1      −  D  12    K c         C 2     0            ξ ( n )        ξ ⌢  ( n )       +      0       D  21         δ ( n )  












2.4. Cardiovascular System Model


This work was evaluated using a lumped parameter model of the cardiovascular system (CVS) that our research group developed. The model was implemented by incorporating a dynamic heart (left and right hearts, systemic, and pulmonary circulations) with an LVAD pump, as shown in Figure 3. The model was implemented and validated using experimental data collected from five greyhounds. The dogs were implanted with LVADs under various operational settings in this model. This included changes in the total circulatory, systemic vascular resistance, and cardiac contractility.



The pressure–volume characteristics of the CVS hemodynamic model can be mathematically described as:




	(a)

	
Blood vessel compartment (   V k   ):


   V k  =    D k  −  D  u , k      C k     



(20)




where  k  represents one of the following:




	–

	
Pulmonary peripheral vessel (pa);




	–

	
Pulmonary veins (pvs);




	–

	
Vena cava (vc);




	–

	
Aorta (ao);




	–

	
Systemic veins (svs);




	–

	
Systemic peripheral vessel (sa).









   D  u , k     is the unstressed volume of the corresponding vessel and    C k    is the compliance of the corresponding vessel.














	(b)

	
Blood flow across the valves (   Q k   ):


   Q k  =          P k  −  P  k + 1      R k         P k  ≥  P  k + 1        0     P k  <  P  k + 1          



(21)




where  k  represents one of the following:




	–

	
Mitral valve (mt);




	–

	
Tricuspid valve (tv);




	–

	
Aortic valve (av);




	–

	
Pulmonary valve (pv).









   P k    is the upstream pressure,    P  k + 1     is the downstream pressure of the corresponding valve, and    R k    is the resistance of the corresponding valve.














	(c)

	
Pressure in the heart chamber (   P i   )





   P i  =  e v  ( t )  E  e s , k   (  V k  −  V  s , k   ) + ( 1 −  e v  ( t ) )  P  0 , k   (  e   λ k  (  V k  −  V  d , k   )   − 1 )  



(22)




where  k  represents one of the following:




	–

	
Left ventricular (lv);




	–

	
Right ventricular (rv);




	–

	
Left atrium (la);




	–

	
Right atrium (ra).









   E  e s , n     is the slope of the end-systolic pressure–volume,    V k    is the volume of the heart chamber,    V  s , k     is the end-systolic volume of the heart chamber at zero pressure,    V  d , k     is the end-diastolic volume of the heart chamber at zero pressure, and    P  0 , k    ,    λ k    are the stiffness of the heart chamber at the end diastolic.









In this model, the steady resistance for inlet (   R  i n    ) and outlet (   R  o u t    ) cannulas was modeled to create stress, whereas the steady inductance for inlet (   L  i n    ) and outlet (   L  o u t    ) cannulas was modeled to create the flow rate modifications. A suction resistance (   R  s u c    ) was used before the intake cannula to simulate suction occurrences. The validation of this model is accomplished in both healthy and HF patients and the full details on the system model and validation can be found in [30]. Table A1 in Appendix A illustrates all nomenclature for the CVS, estimator model, and designed controller.




2.5. Simulation Protocols


The control method and CVS model were developed in MATLAB (MathWorks, Inc., Natick, MA, USA), including an ordinary differential equation (ODE) solver package. Table 1 illustrates the CVS model parameters at healthy and HF conditions that are used as the baseline during simulations. Two simulation scenarios were proposed and conducted to evaluate the control method in response to CVS parameters for the total period of 60 s. In the first scenario (rest scenario or blood loss), the total blood volume (Vtotal) was reduced by 500 mL at 30 s and the system parameters were kept to complete the cardiac cycle. This simulation is obtained to assess the quick responsiveness of the controller to change the speed for the LVAD to provide initial support for the patient under HF conditions. For the exercise scenario, the controller was evaluated under severe HF conditions by changing the system parameters of CVS for 30 s. To achieve this scenario, left ventricular contractility (Elv) and right ventricular contractility (Erv) were linearly increased by 20% and the systemic peripheral resistance (Rsa) was decreased by 50%. This simulation aims to evaluate the controller responses to the circulatory perturbations (via a change in the controller gradient).





3. Results


3.1. Rest Scenario or Blood Loss


In this scenario, the system parameters were changed by reducing Vtotal with 500 mL at 30 s. It resulted in the slight movement of LV and RV pressure–volume loops (Stroke work, SW) to the left, as shown in Figure 4a. Consequently, the LV and RV end-diastolic and end-systolic volumes (Vlved, Vrved) and pressures (Plved, Prved) were decreased. Therefore, the controller was quick in its response to change the average pump speed (ω) from 2850 rpm to 1950 rpm, as shown in Figure 4b, and then change the pump flow (Qp) from 4 L/min to 3.1 L/min as shown in Figure 4c.



In the rest scenario, the sudden drop in LVAD flow resulted in changes to the flow pulsatility and, therefore, movement of the operating point down and to the left along with the target preload flow line. When the pump flow drops below the minimum 3 L/min, the controller switches to a new control line with a new upper steeper slope (k = 1.5) in order to increase the average pump flow. After this increase in flow, the operating point immediately settles to the new line, as shown in Figure 4d.




3.2. Exercise Scenario


Figure 5 shows the results of the hemodynamic parameters in the exercise condition. A severe condition of HF was simulated by inducing the system parameters at 30 s to evaluate the shift of the operating point outside the green zone. As a result, the controller shifted the SW to the right and produced larger Vlved and Vrved, as shown in Figure 5a. Consequently, both the peak-systolic LV pressure and SW were decreased. Therefore, the controller quickly responded to increase the ω from 2850 rpm to 3450 rpm, as shown in Figure 5b, and then changed Qp from 4.5 L/min to 5.2 L/min, as shown in Figure 5c.



In the exercise scenario, the sudden rise in the LVAD flow resulted in changes to the flow pulsation by the movement of the operating point up and to the right, along with the target preload flow line. When the average pump flow rises above the upper limit of 5 L/min, the control unit switches to a new control line with a lower slope (k = 0.5) in order to decrease the average pump flow. After this drop in the flow, the operation point immediately settles to the new line, as shown in Figure 5d. Table 2 shows the hemodynamic variables during the test conditions of HF associated with an LVAD.





4. Discussion


In a healthy human, the system of Frank–Starling regulates the heart’s pumping, where the volume of the LV is adjusted to reflect the changes in preload (that refers to the end-diastolic heart muscle fiber sarcomere length). This means that the LV ejects whatever the blood volume received. Instead, VADs are relatively insensitive to the preload, and hence the amount of blood supplied cannot be determined or sensed automatically [31]. Therefore, a pump control technique should maintain the flow within a secure operating zone. However, several conditions can harm the patient and sometimes lead to death. For example, over-pumping or a decrease in the preload, or reverse pumping flow and pulmonary edema caused by under pumping and the resulting reduction in the applied pressure of the differential pump, are the most adverse conditions that can be harmful to the patient and can be easily identified and prevented [8].



Different researchers claim that the preload parameter (left ventricle end-diastolic pressure) is an accurate parameter to detect or measure in order to physiologically adapt the cardiac perfusion [10,32]. Therefore, this work aimed to calculate the preload by implementing the Starling-like controller approach. In addition, the study investigated metabolic demand management techniques and, thus, cardiac preload adaptation. Therefore, the design method was to keep the Starling-like controller’s operating points within a safe and acceptable range. Figure 4 and Figure 5 illustrate that the mode of the adaptive operation point is achieved. The PI controller successfully changes the gradient angle of the preload line based on physiological demand. Table 2 depicts how all the hemodynamic variables varied within an acceptable domain during test conditions. One of the many challenges of establishing a suitable solution includes a broad range of HF physiological properties; poor ventricular function without essential residual cardiac function boosts ventricular function where sufficient aortic valve flow is possible [33,34]. Most VADs available on the market, both second and third generations, operate at a set target of operating points determined by a per-patient specialist clinician. Unless VADs are to be generally accepted as a care choice for HF patients, the quality of life of implant recipients must be maximized, and a pump management technique is thought to be essential to achieve this [35,36].



As reported in [27], a common constraint of the previously proposed control strategies is that most medical practitioners have not been able to understand the underlying philosophy. Thus, they easily return to the non-physiological speed manual control whenever inappropriate patient responses occur. However, decoupling an LVAD from the cardiovascular system under a manual pump speed control may cause adverse effects to patients, such as abdominal absorption or inadequate cardiovascular output, especially when there are variations in the cardiovascular state. This study developed and implemented a physiological controller based on sensorless and non-invasive approaches to indicate CVS preload and metabolic demand changes. This approach was designed to emulate the clinically obvious FSM to medical practitioners. The pump flow was non-invasively estimated using the PWM parameter and thus used to calculate target flow.



In recent work, Fetanat et al. [37] developed an adaptive physiological control algorithm for an IRBP to accommodate interpatient and intrapatient variations. The algorithm was implemented and tested to automatically adjust the heart pump to prevent suction and pulmonary congestion based on detecting Plved. The method used a pressure sensor to detect Plved in real-time mode. A different study was developed with a physiological controller using the features of pump inlet pressure. The perfusion of pump flow was adopted using the multi-objective controller to prevent LV suction, overload, and pump backflow. This method was successfully evaluated, in vitro, under different physiological conditions [38]. However, the implantation of additional sensors is not desirable, resulting in thrombus formation, reducing the system’s reliability, increasing cost, and requiring regular calibration due to measurement deviations.



This study has certain limitations to its conclusions because the software model omitted reflex control and auto-regulatory systems. There may be a significant impact on the current control strategy from the reflex and autoregulatory systems’ ability to adjust to short-term changes in the cardiovascular system automatically. The baroreceptor response was also found to be relevant in HF and exercise conditions, suggesting that further modification of the model to add the reflex control system is needed to evaluate the controller [39]. The proposed control algorithms also need to be considered for evaluation in animal experiments and clinical trials in the future.




5. Conclusions


In this study, an optimal H-infinity controller was used for designing a physiological controller, and subsequently implemented to drive an LVAD for HF patients. The control method was developed and evaluated using MATLAB software. This software consisted of three models: pump flow estimator, an LVAD, and CVS. The design method was implemented to emulate FSM by changing the safe range (green zone) operating points under different physiological conditions. The boundaries of the green zone were limited by the maximum and minimum of the pump flow. The PI controller was also used to change the angle of the preload control lines within the green zone to achieve optimum physiological perfusion.



The experimental procedure was designed to evaluate the implemented system in two scenarios ranging from rest to exercise of the HF patient. In both scenarios, the hemodynamic parameters of CVS were induced at 30 s to evaluate the quick response of the controller to change the operating points within the preload control lines. The simulation results demonstrated that the proposed controller was robust to change the system parameters of CVS within an acceptable clinical domain to prevent suction and over perfusion.
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Appendix A


The following table is shown as the nomenclature for the CVS, estimator model, and for the designed controller.
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Table A1. Nomenclature of the CVS, estimator, and controller.
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Symbol

	
Description






	
cardiovascular System Model




	
    R  i n     

	
inlet cannula resistance




	
    R  o u t     

	
outlet cannula resistance




	
    L  i n     

	
inlet cannula inductance




	
    L  o u t     

	
outlet cannula inductance




	
    P  t h o r 1          and    P  t h o r 2     

	
intrathoracic pressures




	
    R  s u c     

	
suction resistance




	
    V k    

	
blood vessel compartment




	
    Q k    

	
blood flow across the valves




	
    P i    

	
pressure in heart chamber




	
Estimator Model




	
   P W M   

	
pulse-width modulation




	
   P  I ω    

	
pulsatility index of pump rotational speed




	
    Q p    

	
pulsatile flow




	
   ξ ( n )   

	
states of model estimator




	
   u ( n )   

	
pump control input




	
   μ ( n )   

	
system noise




	
Controller




	
   P  I   Q P      

	
pulsatility of pump flow




	
  θ  

	
gradient angle




	
    Τ  η δ     

	
lower linear fractional transformation




	
   ψ ∞      and    Ω ∞   

	
positive semi-definite solutions to the Riccati equations




	
    K c    

	
controller gain




	
    K e    

	
estimator gain




	
  λ  

	
positive scalar




	
   K ( s )   

	
controller matrix




	
   P ( s )   

	
plant (LVAD)
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Figure 1. Physiological control method. (a) Cardiac function curves at different contractility conditions. (b) Preload control mechanism; A, B, C, D: operating points;    L 1   ,    L 2   ,    L n   ,    L  n − 1    : preload control lines;    C 1   ,    C 2   : flow preload curve;    θ 1  ,    θ 2   : angles. 
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Figure 2. Physiological control method. 






Figure 2. Physiological control method.



[image: Mathematics 10 00731 g002]







[image: Mathematics 10 00731 g003 550] 





Figure 3. Electrical equivalent circuit analogue of CVS–LVAD interaction.    R  i n    : inlet cannula resistances;    R  o u t    : outlet cannula resistances;    L  i n    : inlet cannula inertances;    L  o u t    : outlet cannula inertances;    R  s u c    : suction resistance; and    P  t h o r 1     and    P  t h o r 2    : intrathoracic pressures. 
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Figure 4. Hemodynamic variable results in the rest condition; (a) pressure–volume loops; (b) pump speed; (c) estimated flow vs. target pump flow; (d) pump flow pulsatility vs. estimated flow. 
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Figure 5. Hemodynamic variable results in the exercise condition; (a) pressure–volume loops; (b) pump speed; (c) estimated flow vs. target pump flow; (d) pump flow pulsatility vs. estimated flow. 
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Table 1. CVS model parameters used to simulate heart failure conditions.
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	Variable
	Unit
	Healthy
	Heart Failure (HF)





	    V  t o t a l     
	mL
	5300
	5800



	    E  e s , r v     
	mm Hg/mL
	1.7235
	0.5322



	    E  e s , l v     
	mm Hg/mL
	3.5443
	0.7100



	    R  s a     
	mm Hg*s/mL
	0.7411
	1.1100
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Table 2. Hemodynamic data of the model for both healthy and heart failure patients.
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Variable

	
Unit

	
HF + LVAD




	
Normal

	
Rest

	
Exercise






	
Target flow (Qt)

	
L/min

	
4.95

	
3.65

	
5.52




	
Pump flow (Q)

	
L/min

	
4.5

	
3.40

	
5.05




	
Left ventricle end-diastolic volume (Vlved)

	
mL

	
120

	
140.00

	
285.3




	
Left ventricle end-diastolic pressure (Plved)

	
mmHg

	
9.50

	
8.50

	
12.79




	
Left ventricle end-systolic volume (Vlves)

	
mL

	
65.50

	
50.00

	
252.4




	
Left ventricle end-systolic pressure (Plves)

	
mmHg

	
120

	
116.5

	
53.50




	
Stroke volume (SV)

	
mL

	
102.00

	
90.00

	
35.00
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